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ABSTRACT
Next-generation molecular diagnostic sensing systems seek to meet the needs
of high-risk patients for portable, convenient, low-cost detection that is also
reliable with a sufficient sensitivity and dynamic range for the chosen target.
Optical micro- and nanosensors have incredible potential for early stage de-
tection of cancer biomarkers in human serum samples for applications such
as treatment monitoring and recurrence diagnosis due to their reliability for
measuring protein-protein interactions. Plasmonic sensors are appealing for
biosensing applications due to the high sensitivity of the generated evanes-
cent fields to local refractive index changes. However, widespread applica-
tions of these sensors are limited due to bulky, high-cost instrumentation re-
quirements and insufficient limit of detection for pertinent cancer biomarker
proteins. These sensors are currently based on surface plasmon resonance,
extraordinary optical transmission, localized surface plasmon resonance, or
a combination of these mechanisms. In this thesis, a new type of plasmonic
sensor and sensing method are developed and studied for the detection of the
cancer biomarker carcinoembryonic antigen. The optical properties of this
device are studied in detail and its distinct spectral properties simultaneously
reduce instrumentation requirements and improve the limit of detection to a
suitable level for cancer biomarker screening.
First, a gold plasmonic nanocup array, which operates based on a combi-
nation of extraordinary optical transmission and localized surface plasmon
resonance, is studied for two biosensing applications. The first is a drug
binding study to cytochrome P450 proteins and the second is a cell adhesion
imaging study. From these studies, the advantages and disadvantages of the
plasmonic nanocup array are identified and a new plasmonic sensor is devel-
oped. This sensor design begins with the plasmonic nanocup array and adds
an insulator layer followed by a second gold layer, such that the final device
consists of a metal-insulator-metal cavity embedded in the 3D nanocup ar-
ii
ray. The spectral properties of this device include a sensitive, on-resonance,
relative change in transmission intensity with a refractive index change with-
out a spectral shift and spectral locations with no intensity change with
refractive index change. Therefore, this device shows a great potential for
spectrometer-free plasmonic sensing, which greatly reduces instrumentation
costs for portable diagnostic systems and also enables imaging-mode detec-
tion.
The limit of detection for the cancer biomarker carcinoembryonic antigen is
1 ng/mL with the metal-insulator-metal plasmonic nanocup array, 1 µg/mL
for the plasmonic nanocup array without any multilayered nanocavity struc-
ture, and 100 ng/mL for a commercialized conventional surface plasmon res-
onance sensor. Therefore, this new type of plasmonic sensor makes relevant
limits of detection possible for cancer biomarker proteins. Several different
multilayered nanostructured cavity devices are studied in this dissertation,
including a metal-insulator-metal nanopillar device for surface enhanced Ra-
man spectroscopy sensing. In each case, the sensing method is critically
studied and the device is optimized. The plasmon-photon interaction in the
multilayered system is examined in detail and it is shown that the plasmonic
mode and cavity mode can be engineered to optimally couple. Overall, the
multilayered plasmonic sensors developed in this dissertation are promising
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1.1 Optical Biosensors for Cancer Biomarker Screening
Early detection of the most common cancers has a strong correlation with
ten-year survival rate for patients. This ten-year survival rate is 90% for
cancer diagnosis at stage one, 80% for cancer diagnosis at stage one or two,
25% for diagnosis at stage three or four, and 5% for diagnosis at stage four
[1]. There remains a demand for proper screening technology that is reliable,
accessible to all patients, and minimally intrusive. The fields of genomics
and proteomics have identified several human cancer biomarkers that when
isolated from a biological sample can indicate the presence of disease even
before symptoms are present. Next generation biosensors seek to utilize
these disease indicators for diagnosis, monitoring of treatment plan efficacy,
and detecting disease recurrence. Biosensors are anticipated to meet numer-
ous remaining needs in medical diagnostics, drug discovery, and biomedical
research for detecting complex biological interactions. However, crucial chal-
lenges remain for device and system development, such as improving sen-
sitivity, measurement time, throughput, limit of detection (LOD), dynamic
range, and selectivity in addition to reducing overall system cost and sample
amount required [2].
The human cancer biomarkers that will be used in this dissertation are
carcinoembryonic antigen (CEA) and cancer antigen 125 (CA-125). CEA
is produced during fetal development and its production terminates before
birth. The normal level of CEA for a healthy person is around 3-5 ng/mL [3].
However, there is a considerable increase (>10 ng/mL) in its concentration
for people with conditions like lung cancer [4], colorectal carcinoma [5], and
breast carcinoma [6, 7]. CA-125 is a protein that resides on the cell sur-
face and is upregulated in cancers such as ovarian, endometrial, peritoneal,
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and fallopian tube [8]. It is already clinically used for screening women at
high risk for ovarian cancer, for monitoring treatment, and for checking for
cancer recurrence [9, 10]. The development of next-generation biosensors
for cancer biomarker screening seeks to first meet the needs of those at a
higher risk, such as those who are in partial or complete remission after
completing cancer treatment, but still need to visit the doctor’s office on a
regular basis for monitoring tests. Future applications, if the technology can
be made cost-effective, reliable, portable, and easy-to-use, include at-home
health screenings and personalized medicine.
1.2 Plasmonic Sensors and Surface Enhanced Raman
Spectroscopy (SERS)
1.2.1 Overview
The key components of a biosensor are a transducer element, which is typ-
ically electrical or optical [11] and a biorecognition element that is immobi-
lized on the transducer by entrapment, adsorption, or covalent bonding [2].
The biosensor can then be used for detection and analysis of an analyte of
interest. Optical biosensors are most widely used for evaluating bioaffinity
and are based on either fluorescence or a label-free method. Fluorescence
has the ability to detect down to a single molecule, but it suffers from pho-
tobleaching. In addition, fluorescent tags can interfere with properties of the
analyte and the number attaching to a single molecule is difficult to control,
prohibiting quantitative analysis [12]. In contrast, label-free optical biosen-
sors detect the intrinsic properties of the analyte, such as its refractive index
(RI). This method allows collection of quantitative data with a high system
stability, but with a reduced LOD.
Different platforms for label-free optical biosensing include the photonic
crystal [13], ring resonator [14], interferometer [15], and surface plasmon
resonance (SPR) sensor [16]. These are all promising alternatives to the
traditional enzyme-linked immunosorbent assay techniques due to their sen-
sitive detection and reduced measurement times[17]. In addition, these are
surface-based sensors that require a low sample amount. However, they all
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require complex and bulky optical systems, which limits widespread applica-
tions. Localized surface plasmon resonance (LSPR) and extraordinary opti-
cal transmission (EOT) [18, 19], which are both closely related to SPR, allow
the excitation of surface plasmons with an incoherent light source and the
detection with a portable spectrometer.
In LSPR, strong scattering, absorption, and near-field electric fields result
when a resonance condition is met, which is ideal for applications in protein
biosensing [20, 21]. Because this relies on metal nanoparticles and not a
metallic thin film, it does not require a complex optical system in order to
couple the light source to the metal-dielectric interface [22]. Considerable
work has gone into the application of fabrication methods with increasing
precision, such as nanosphere lithography and electron beam lithography,
to form 2D and 3D spatial arrangements of silver and gold nanoparticles,
which has increased the sensitivity of LSPR sensors. However, the difficulty
in fabricating uniform sensors over a large surface area leads to reduced
reliability, inconclusive results, and limited applications.
EOT sensors consist of periodic arrays of nanoholes, typically fabricated
by focused ion beam milling, in metallic thin films [23]. It has been shown
that transmission through these films is orders of magnitude greater than
that predicted by classical aperture theory partially due to the excitation of
surface plasmon resonances [24]. This reliance on SPR allows the device to
operate as a RI sensor and demonstrated applications include protein binding
[25], exosome profiling [26], and virus detection [27]. Similar to LSPR-based
measurements, these sensors do not require a complex optical setup, but
it is difficult to fabricate uniform devices over a large surface area. The
LSPR and EOT techniques are currently under investigation for widespread
applications in areas such as point-of-care diagnostics due to their small
footprint and adaptability. However, the sensitivity of these devices is an
order of magnitude lower than conventional SPR sensors operating in the
Kretschmann configuration [28, 29].
In order to optimize devices for plasmonics biosensing, an understanding
of the generation of surface plasmons is required. This can be done using
classical electromagnetics, even for structures that are on the order of a few
nanometers in size [30]. The generation of surface plasmons occurs at an
interface of two materials with dielectric constants of opposite signs. Since
this is positive for dielectrics, any metal, alloy, or doped semiconductor with
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a negative dielectric constant can be used [20]. However, gold (Au) is most
common due to its specific combination of electrical, optical, and chemical
properties [31].
1.2.2 Drude model
Before discussing the implications of the device geometry, it is necessary
to model the metal itself. The Drude model treats electrons in a metal
as a free-electron gas. Contributions from electron-electron interactions are
included as an effective electron mass m. The equation of motion for a free
electron displaced by an applied electric field is mẍ+mẋ = qE where x is the
displacement of the electron, E is the applied electric field, q is the elementary
charge, and γ is a damping term [31]. Assuming that E is time-harmonic, the
solution is x(ω) = qE/[m(ω2 + iγω)] where ω is the frequency. The displaced
electron contributes to the polarization P according to P (ω) = −qx(ω)N
where N is the electron number density. The dielectric function ε(ω) relates
the electric flux density D and P by D(ω) = ε(ω)E(ω) = ε0E(ω) + P (ω)










Surface plasmons that are generated at a planar interface are surface waves
that propagate along the interface and are evanescently confined perpendic-
ular to the interface [32]. The resonance condition is defined by the propa-
gation constant βSP . To find βSP , the simplest geometry, shown in Figure
1.1(a), consists of two uniform half spaces where z > 0 consists of dielectric,
z < 0 consists of metal, propagation is in the x-direction, and there is no vari-
ation in the y-direction [31]. Maxwell’s equations (∆× ~E = −jω ~B,∆× ~H =
~J + jω ~D) must be satisfied in each region, where ~E is the electric field, ~H is
the magnetic field, and ~J is the current density. If the curls are expanded,
then several field components can be eliminated. In particular, the deriva-
tives of Ey and Hy will be zero and all TE components of the field will be zero
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due to the boundary condition requirement that the tangential component
of the electric field is continuous. Therefore only TM modes (Hy, Ex, and
Ez field components) can generate surface plasmons at a planar interface.
A solution can then be assumed such that the fields are propagating in the
x-direction and evanescently confined in both materials in the z-direction
as shown in Figure 1.1(a). Matching boundary conditions at the interface








where c is the speed of light, εM is the dielectric function of the metal and
εD is the dielectric function of the dielectric [30].
A plot of the dispersion relation is shown in Figure 1.1(b). The cutoff
frequency for surface plasmon generation, ωSP , is related to the plasma fre-
quency of the Drude model by ωSP = ωp/
√
2 [33]. The propagation constant
for light in air is always less than βSP and therefore phase matching using a
coupler is required to generate surface plasmons at a planar interface. Prism
coupling is the most common, but waveguides and grating couplers can also
be used [32]. A special case of grating coupling uses arrays of nanoapertures
in a metal sheet. Generation of surface plasmons in this configuration gives
rise to EOT [19].
1.2.4 Metallic nanoparticles
Localized surface plasmons are confined to the small volume of a metal-
lic nanoparticle. In contrast to surface plasmons, they cannot propagate
and also require no coupling mechanism for generation [31]. Assuming a
nanosphere with radius a much less than the incident wavelength λ, then the
quasistatic approximation can be used. This approximation only requires
electrostatics, where the electric field is given by ~E = E0~z.
The electric field will induce a dipole in the nanoparticle. Polarization
charge will accumulate on the nanosphere surface, which results in a restoring
force with a strength that characterizes the resonance [33]. Therefore, while
βSP defines the resonance condition for the planar interface, resonance for
metallic nanoparticles is defined by the polarizability α. In the case of a






The resonance condition occurs when α is a maximum. Assuming neg-
ligible loss close to resonance, this is given by Re[εM ] = −2εD [30]. The
resonance is characterized by high absorption, high scattering, and a large
near field at the nanoparticle surface [20]. This condition for resonance is
also called the dipole resonance condition due to the fact that the metallic
nanosphere will radiate like a dipole [30]. If two nanospheres are brought
close together, then the resulting field at resonance will be further confined,
generating hot spots. These have the potential to greatly improve the sensi-
tivity of plasmonic sensors based on nanoparticles [31]. Furthermore, LSPR
generation and hot spots are the foundation for surface enhanced Raman
scattering (SERS), a plasmonics-based sensing method that provides specific
label-free identification of a sample of interest [34].
1.2.5 Surface plasmon resonance
SPR sensors are the state of the art for optical measurement of biomolec-
ular interactions in real-time. The sensor consists of a metallic thin film
deposited on a high index prism [35]. A resonance can only occur if the




npsin(θ) = βSP (1.4)
where np is the RI of the prism and θ is the angle of incidence [12].
The prism is required to overcome the momentum mismatch between the
incident light and the electron oscillations in the metal [36]. A schematic of
the Kretschmann configuration, the most widely used prism coupling setup,
is shown in Figure 1.2(a). The biorecognition element, such as an antibody, is
immobilized on the metallic thin film. Light incident on the prism undergoes
total internal reflection, resulting in an evanescent field at the metal-prism
interface. When the resonance condition is met, energy is transferred from
this evanescent field into the electron oscillations of the metal, generating
a surface plasmon polariton (SPP) at the metal-superstrate interface and
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resulting in a characteristic reflection dip at the output [37].
As an antigen binds to an immobilized antibody, the effective RI at the
metal-dielectric interface increases, which increases βSP [35]. The device is
most sensitive to changes occurring directly at the interface and has almost no
response outside of the decay length of the evanescent field, which typically
does not exceed 200 nm [31]. From Eqn. 1.4 it follows that detection of
binding events can occur by monitoring the change in θSP (resonant angle),
λSP (resonant wavelength), or intensity at a resonance [12] with θSP having
the highest sensitivity to RI changes. This can be done in real time, allowing
measurements of kinetic parameters, such as association, dissociation, and
equilibrium constants [37]. An analytical expression for the LSPR or SPR
peak wavelength shift (∆λ) following molecular binding events is given by
∆λ = m∆n(1− e−(2d)/l) (1.5)
where m is the bulk sensitivity, ∆n is the RI difference, d is the effective
thickness of the molecular layer following binding, and l is the decay length
[20]. According to Eqn. 1.5, for a given analyte, the only way to increase
∆λ is to increase m or decrease l. Both require engineering of the device
structure and properties.
SPR sensors are available as commercial products, most notably by Bi-
acore, which utilizes the Kretschmann configuration [36]. However, several
drawbacks limit the widespread application of SPR despite its reliability.
SPR is a low-throughput method that requires bulky equipment for signal
generation and data collection. In addition, it is required that np be greater
than the dielectric RI, but high index prisms are expensive and uncommon
[35]. SPR sensors are not able to directly detect small molecules (<1000 Da),
which includes the majority of drugs in addition to another important small
molecule analytes [37]. As a result of these limitations, SPR sensors also are
not relevant for applications such as point-of-care diagnostics.
1.2.6 Localized surface plasmon resonance and SERS
At resonance for LSPR sensors, the light is strongly absorbed and scattered
by the metallic nanostructures and there is a large local field at the surface
[31]. No coupling mechanism is required for LSPR and therefore the reso-
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nance wavelength can be detected by illuminating directly with a broadband
light source and measuring the peak in the extinction spectrum [20].
The resonance condition shifts based on changes to the restoring force.
As the effective RI at the surface increases, such as due to a biomolecular
binding event, the restoring force will weaken and the result is a red shift in
the plasmon resonance peak wavelength [38]. A schematic of a LSPR sensor
consisting of a pair of metallic nanoparticles is shown in Figure 1.2(b). There
will be a strongly confined and enhanced field in the gap between the two
nanoparticles. If the gap between the nanoparticles is small (on the order of
10 nm), then the enhancement of the field can be several orders of magnitude
larger than the case of a single nanoparticle and therefore these locations are
referred to as hot spots [33]. This greatly increases the sensitivity of the
device to local effective RI changes.
In particular, LSPR and hot spots have enabled SERS, which greatly ex-
tends the applications of Raman spectroscopy. Raman spectroscopy is a
powerful tool in that it provides highly specific label-free identification of
many different samples of interest. It has important relevance to biological
samples since the Raman signal for water is relatively low and therefore a
low background signal can be maintained. However, Raman scattering has
an extremely low scattering cross section of 10−25− 10−30 cm−2. In contrast,
fluorescence spectroscopy has a cross section on the order of 10−16 cm−2 [39].
In SERS, LSPR provides an enhancement factor to the Raman signal by
increasing the electromagnetic intensity at the molecule of interest. This in-
creased intensity at the sample will enhance both the Raman excitation and





where |E(r)|2 is the local intensity at the sample and |E0(r)|2 is the intensity






where ISERS is the intensity of the Raman signal using a SERS substrate, IRef
is the intensity of the Raman signal using an appropriate reference, NSERS is
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the number of molecules measured for the SERS substrate sample, and NRef
is the number of molecules measured for the reference sample [40]. SERS
substrates can be made from colloidal metallic nanoparticles in suspension or
nanostructured planar substrates. The instrumentation required for SERS
measurements is rapidly being scaled down to portable, handheld Raman
systems.
LSPR sensors have several advantages over SPR sensors. For example,
they have a much higher spatial resolution due to greater field confinement
[20]. No coupling element, such as a prism, is required and signal genera-
tion and detection can be done with conventional instrumentation, such as
a halogen light source and portable spectrometer. Like SPR, binding events
can be detected in real time with a high sensitivity [20]. However, the sen-
sitivity of LSPR sensors is still an order of magnitude lower than SPR in
the Kretchmann configuration and they suffer from low reliability. In LSPR
devices, the peak resonance wavelength, signal intensity, and peak width all
depend on the nanoparticle material, size, geometry, orientation, array con-
figuration, in addition to the effective RI [38]. In order to selectively and
quantitatively measure the changing effective RI at the nanoparticle surface,
the variability of the remaining parameters must be minimized. The sensi-
tivity is a parameter that can be optimized, but requires precise control over
the device properties. The development of LSPR sensors has been enabled
by synthesis of metallic nanoparticles and fabrication at the nanoscale [33].
However, further advances are needed in device design and fabrication for
enhancing sensitivity and ensuring reliable spectral properties.
1.2.7 Extraordinary optical transmission
It has been shown that the transmissivity of light through arrays of metallic
apertures with diameters smaller than λ is orders of magnitude greater than
that predicted by classical aperture theory [19]. This effect is referred to
as EOT and is characterized by a peak in the transmission spectrum that
corresponds to the aperture periodicity [41]. Experiments suggest that EOT
primarily occurs due to the excitation of surface plasmons by a similar prin-
ciple to grating-coupled SPR [19]. Therefore, an increase in effective RI at
the metal-dielectric interface due to a molecular binding event results in a
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spectral red shift that can be detected in real time [23].
EOT plasmonic devices are of particular interest for biosensing applications
because excitation can be accomplished at normal incidence and spectral de-
tection is done in transmission mode, which greatly simplifies the instrumen-
tation requirements [18, 42, 29]. However, the performance of these devices is
significantly worse than SPR sensors in the Kretschmann configuration. The
LOD for biomolecular binding events on EOT sensors is orders of magnitude
worse than on SPR due to the high angular sensitivity of the Kretschmann
measurement method, which can exceed 500◦/RIU [43, 44]. This high level
of performance makes SPR sensors the state-of-the-art for plasmonic sensing
and also for optical measurement of protein-protein interactions. Current
work in plasmonic biosensors seeks to match or exceed the sensitivity for
SPR sensors while simplifying the instrumentation requirements to lead to
more widespread applications of these tools.
1.3 Objectives of the Dissertation
1.3.1 Dissertation overview
This dissertation examines the current state-of-the-art in plasmonic biosens-
ing based on refractometric detection and SERS and studies the development
of new plasmonic sensing methods and devices. A high performing plas-
monic nanocup array, which operates based on a combination of EOT and
LSPR, is used for two biosensing applications. This plasmonic nanocup array
achieves spectral and colorimetric sensing by detection of spectral shifts in
the transmission spectra. In the first biosensing application presented in this
thesis, the plasmonic nanocup array is applied to detect drug binding to cy-
tochrome P450 proteins and in the second biosensing application, a method
for plasmonic cell adhesion imaging based on brightfield image acquisition
and analysis is developed.
From the biosensing applications carried out with the plasmonic nanocup
array, the advantages and disadvantages of the device are identified. De-
tection of RI changes due to changes in the bulk solution and due to bind-
ing biomolecules can be accomplished by spectral and image based mea-
surements. However, the LOD is not sufficient for clinical levels of cancer
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biomarkers, which require a dynamic range of 1-1000 ng/mL. If a LOD less
than 1 ng/mL can be obtained, then that is even better since a reduced
sample amount will be required for detection. In addition, to have high per-
formance for biosensing of molecular interactions on the plasmonic nanocup
array, spectral measurements are required. The need for a spectrometer
greatly limits the portability and cost-effectiveness of these sensors.
Based on these drawbacks, in this dissertation a new plasmonic sensor and
sensing method are reported based on combining a plasmonic nanocup ar-
ray and multilayered metal-insulator-metal nanocavity structure. The spec-
tral features of this multilayered nanocup array are extremely promising for
portable system implementation. In the transmission spectra there is a peak
that occurs due to the plasmon-photonic coupling that has a fixed spec-
tral position with a superstrate RI increase, but a controllable and sensitive
increase in transmission intensity. In addition, the transmission intensity
increase occurs primarily at the peak position and there are spectral loca-
tions with no intensity increase, which can be used as internal references. In
this dissertation, the optical properties of this device with a cadmium sulfide
(CdS) and titanium dioxide (TiO2) cavity layer are explored by a combina-
tion of experiment and simulation. The application of this device for cancer
biomarker detection is also carried out with a LOD of 1 ng/mL for the cancer
biomarker CEA.
The plasmon-photonic coupling of the multilayered structure is also ex-
plored with respect to a polymer nanopillar SERS substrate. The optical
properties that result from modification of the periodic nanoantenna array
are studied and the Au-TiO2-Au cavity parameters are optimized for SERS
sensing. The SERS enhancement factor and device uniformity are studied in
detail. This device is then applied for measuring protein-protein interactions,
including for the anti-CA-125/CA-125 antibody-antigen system.
We define accessibility of our plasmonic sensing methods by the plasmonic
device cost and scaling in addition to the instrumentation cost and porta-
bility. The plasmonic devices developed in this dissertation are based on a
wafer-scale nanoreplica molding process based on a quartz mold. From this
mold, many nanostructured polymer devices can be fabricated on the wafer
scale, which greatly improves device throughput and reproducibility. Metal
thin film deposition makes these nanostructure polymer arrays plasmoni-
cally active. These sensors are then flexible and transparent with operation
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in transmission or reflection mode. In addition, the devices are designed and
fabricated such that they are polarization-independent and can operate with
an incoherent light source at normal incidence. Simplified instrumentation
is primarily used in this dissertation for measurements, including a portable
spectrometer, brightfield microscope, and micrographs.
The objectives of this dissertation are summarized as follows:
1. Identify the advantages and disadvantages for refractometric and SERS-
based plasmonic biosensing.
2. Develop new plasmonic sensor and sensing method based on sensitive
transmission intensity changes without resonance shift.
3. Study plasmon-cavity coupling on nanostructures and how this can be
used for biosensing applications.
1.3.2 Hypotheses
Utilizing the objectives described previously, this dissertation investigates
the following hypotheses:
1. Plasmonic biosensors based on transparent, flexible substrates can be
engineered to perform better than traditional SPR sensors.
2. A cavity mode and plasmonic mode can be coupled in an optimized
way for highly sensitive biodetection.
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1.4 Figures
Figure 1.1: (a) A schematic of the generation of surface plasmons at a
planar interface. The surface plasmon polariton propagates in the
x-direction and is evanescently confined in the z-direction. (b) The
dispersion relation for a surface plasmon in comparison to the cutoff
frequency and the linear dispersion of light propagating in air. Adapted
from [31].
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Figure 1.2: (a) A schematic of a SPR sensor based on the Kretschmann
configuration. A resonance results in a reflection dip. (b) Two spherical
nanoparticles form a LSPR sensor with a highly confined field (hot spot) in




NANOCUP ARRAY PLASMONIC SENSOR
2.1 Nanocup Array Device Overview
In our group we have developed a nanoplasmonic sensor that operates based
on a distinct combination of EOT and LSPR. We call this device the nano
Lycurgus cup array (nanoLCA) because it consists of nanocup arrays with
properties similar to the Lycurgus cup developed by the ancient Romans.
In particular, like the Lycurgus cup, our device appears either red or green
depending on the direction of illumination due to nanoparticle absorption
and scattering [45].
The nanoLCA is fabricated by a nanoreplica molding process. We use a
wafer-scale mold that was fabricated in quartz using interference lithogra-
phy. To prepare the quartz mold for transfer, it is cleaned and silanized for
30 minutes. UV-curable polymer (NOA-61) is then evenly spread on the top
of the tapered nanopillar mold and a supporting PET sheet is carefully put
on top of the polymer. The mold with the polymer and PET sheet is then
exposed to UV-light (105 mW/cm2) for 60 sec. After curing, the nanostruc-
tured polymer is peeled carefully away from the mold to complete the transfer
process. In order to make the device surface plasmon active, 90 nm of Au
along with a 9 nm titanium (Ti) adhesive layer is deposited using electron
beam deposition (Temescal six pocket E-Beam Evaporator).
The metallic layer thicknesses have been previously optimized in our group.
The nanocup diameter is 180 nm and the periodicity is 350 nm [46]. Upon
deposition, there is a Au layer on the tops and bottoms of the nanocups. In
addition, due to their slanted structure, nanoparticles form on the nanocup
sidewalls. The morphology of the nanocups (top-down and cross section) is
shown in Figures 2.1(a) and 2.1(b).
The nanoLCA device with a superstrate of air is characterized by a single
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transmission peak in the entire visible range enabling spectral and colorimet-
ric sensing [45]. The plasmon resonance peak position is consistent although
differences do exist in the signal intensity (Figure 2.1(c)) where the spectrum
is taken in transmission mode as shown in Figure 2.1(d). The sensitivity of
the Au nanoLCA is 250 nm/RIU, the figure of merit (FOM) is 3.3 with a
full width half maximum (FWHM) of 75 nm, and the LOD is 7.98 x 10−5.
Here sensitivity is defined as (∆λ
∆n




), and LOD is
defined as (2σ∆n
∆λ
) where ∆λ is the shift in the plasmon resonance peak, ∆n
is the change in the RI, ∆w is the FWHM of the plasmon resonance peak,
and σ is the standard deviation of the noise (0.00986 nm) [47].
2.2 Drug Binding Study Introduction
This dissertation presents two different bioapplications that were carried out
using the nanoLCA device. The completion of these studies provides the
advantages and disadvantages of the nanoLCA. This knowledge is then later
used when developing new plasmonic sensors. The first bioapplication is a
drug binding study for cytochrome P450 proteins. Cytochrome P450s are
highly sought-after proteins for drug screening since they are responsible for
the phase I metabolism of approximately 75% of current pharmaceuticals
[48]. In addition to their crucial roles in xenobiotic metabolism, P450s are
responsible for important drug-drug interactions which can potentially lead
to drug toxicity and fluctuations in protein enzymatic activity [48, 49, 50].
These proteins are particularly interesting because they have an inherent
absorbance peak at 417 nm, referred to as the Soret band. When a drug
binds to the active site of the P450 protein, changes occur on the molecular
scale that lead to a shift in the absorbance peak of the protein. In particular,
drugs that bind to P450s are classified as type I or type II. When a type I
drug binds, the absorbance peak of the protein blue shifts and when a type
II drug binds the absorbance peak red shifts. Therefore, drug binding to
P450s is typically detected using absorbance-based spectroscopic assays in
solution [51], but unfortunately a high sample amount is required for these
measurements.
It is well-known through the Kramer’s-Kronig relations that a change in
absorbance will correspond to a change in RI. Therefore, the nanoLCA sen-
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sor can be used to detect drug binding to cytochrome P450s by monitoring
the RI change resulting from the absorbance change of the protein. Reliable
measurements of binding events to cytochrome P450s are complicated by the
fact that these proteins are highly unstable and difficult to express, isolate,
and purify at a high yield [52, 53, 54]. In this work Nanodiscs (NDs), which
are nanoscale soluble lipid bilayers held together by two membrane scaffold
proteins, are used to stabilize the P450s [55, 56]. This work focuses on the de-
tection of drug binding to cytochrome P450-2J2 (CYP2J2), which is the most
common P450 found in the human heart [57, 58]. Its primary responsibility is
the metabolism of arachidonic acid (AA). This produces epoxyeicosatrienoic
acids (EETs), which are required for proper cardiovascular function due to
their vasorelaxation, anti-inflammatory, pro-fibrinolytic, and pro-angiogenic
effects [59, 60].
LSPR sensing has been previously used to detect drug binding to P450s
and it has been shown that huge spectral shifts can be achieved, especially
if there is an overlap between the device resonance and the P450 molecular
resonance [61, 62, 63]. These LSPR sensors were fabricated based on tech-
niques such as nanosphere lithography, where the spectral resonance has a
large variation between different devices. Therefore, type I and type II bind-
ing can be differentiated, but the binding of several drugs of the same type
cannot be compared. Scaling up detection of drug binding to cytochrome
P450s requires the application of wafer-scale plasmonic substrates with reli-
able spectral properties.
This work detects the spectral change for CYP2J2-NDs corresponding to
the binding of seven different type I substrates at two different concentra-
tions. The binding type of the drug-protein interactions was determined by
conventional solution-based absorption spectroscopy and confirmed with the
nanoLCA. The nanoLCA shows a high spectral reliability in addition to sub-
strate and concentration dependent shifts. Finally, since the sensor spectral
properties are characterized by a single transmission peak in the visible, we
introduce the potential use of micrographs for drug binding detection.
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2.3 Materials and Methods
2.3.1 Materials
Human CYP2J2-NDs were prepared and provided to us by our collaborators
(Professor Aditi Das and her student William Arnold from the Department
of Comparative Biosciences, University of Illinois at Urbana-Champaign) in
addition to the substrates used in this study. Our collaborators also de-
termined the binding type of the seven different substrates to CYP2J2 us-
ing solution-based absorption spectroscopy and determined all to have type
I binding. The seven substrates tested were the fatty acids AA and 2-
Arachidonoylglycerol (2-AG), and the drugs Doxorubicin (DOX), Ebastine,
MSPPOH, Terfenadine (TFN), and Danazol (DAN). The dissociation con-
stants of these substrates with CYP2J2-ND were determined to be 20 µM
for AA, 18 µM for 2-AG, 12 µM for Ebastine, 10.8 µM for MSPPOH, 5.6
µM for TFN, and 1.44 µM for DAN.
2.3.2 Immobilization of CYP2J2-Nanodiscs on nanoLCA and
spectral measurements
In order to prepare the nanoLCA sensor for experiments, a square device
with a 2 cm side length was first cut from the wafer-size device. Four
PDMS wells were formed on each sensor, allowing a great reduction in the
amount of CYP2J2-ND sample required, which was necessary for this pro-
tein. Each PDMS well held approximately 45 µL of solution. Immobiliza-
tion of CYP2J2-ND on the device surface began by forming a self-assembled
monolayer with 11-mercaptoundecanoic acid (11-MUA). Each well was filled
with a 10 mM 11-MUA solution in 70% ethanol and incubation was done
for 24 hours. Following washing in 70% ethanol and drying in nitrogen
(N2), CYP2J2-ND was covalently bound to the 11-MUA by 1-ethyl-3-(3-
dimethylaminopropyl)carbodiimide (EDC) activation. Each well was filled
with 10 mM EDC and 8 µM CYP2J2-ND in 10 mM potassium phosphate
(KPi) buffer. The EDC and protein were mixed immediately before pipet-
ting into the wells in order to minimize EDC self-reaction and CYP2J2-ND
cross-linking. The sensor was incubated in the CYP2J2-ND solution for 1
hour at 37◦C. After incubation, each well was rinsed three times with DI
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water and dried with N2. Illumination and detection of binding events was
accomplished with an upright microscope (Olympus BX51) with a halogen
light source using a 20X objective and a portable spectrometer (Ocean Op-
tics). Successful immobilization of MUA and CYP2J2-ND was monitored by
measuring the red shift in the transmission spectrum for each well of each
device.
2.3.3 Substrate binding to CYP2J2-Nanodiscs on nanoLCA
Each 2 cm x 2 cm device was used for a single substrate. The first two wells
each contained the same high concentration of the substrate, the third well
was used for a low concentration of the substrate, and the fourth well was
used for the vehicle control (10 mM KPi buffer). Incubation was done for 30
minutes at 37◦C. For the high concentration 300 µM was used and for the
low concentration approximately 10 µM was used.
2.3.4 Data analysis
The sample transmission spectra and light source transmission spectrum were
measured after each binding step. The sample transmission spectra were then
normalized with the light source spectrum for that step to obtain the trans-
missivity. The data was smoothened by the Loess method using OriginPro
9.1 (Origin Labs Inc.) and normalized to one since the focus of this work
is on the spectral shift and not the intensity change. A Gaussian fit was
then performed on each peak in order to obtain the plasmon resonance peak
wavelength for each step.
2.4 Results and Discussion
2.4.1 Substrate binding to CYP2J2-Nanodiscs
An additional advantage of using a planar sensor instead of solution-based
sensing is that the protein is immobilized in a known and active confirma-
tion leading to increased reliability. This is especially useful for membrane-
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bound proteins such as cytochrome P450s. Figure 2.2(a) shows a schematic
of the immobilized CYP2J2-ND on the nanoLCA and Figure 2.2(b) shows a
schematic of the binding of AA to CY2J2s active site. Figure 2.2(c) shows a
schematic of a single cup with a low concentration of CYP2J2-ND binding
on the nanoLCA surface. The morphology of the nanoLCA device was con-
firmed by AFM as shown in Figure 2.2(d). Overall, the sensor top surface
has uniform hole sizes with few defects. After metal deposition, the nanohole
diameter is 180 nm and the periodicity of the holes (distance between two
neighboring holes) is 350 nm as measured from SEM images and AFM line
scans as shown in Figures 2.3(a) and 2.3(b).
2.4.2 CYP2J2-Nanodisc immobilization and nanoLCA
reliability
A representative red shift in the transmission peak for a single well corre-
sponding to immersion of the nanoLCA sensor in MUA and the CYP2J2-
ND/EDC solution is shown in Figure 2.4(a). In order to assess the overall
success of immobilization and the reliability of the nanoLCA sensor, the aver-
age and standard deviation of the plasmon resonance peak wavelength in air
was determined for all 28 wells used in this study. The averages and standard
deviations of the shifts after MUA and CYP2J2-ND/EDC immersion were
also determined. The plasmon resonance wavelength in air was 536±3 nm,
as shown in Figure 2.4(b). The shift following MUA immobilization was 2±4
nm and the shift from air following CYP2J2-ND binding was 5±2 nm. The
shift for the vehicle control, containing only the 10 mM KPi buffer, never
exceeded 1 nm.
2.4.3 Spectral shifts of CYP2J2-ND after substrate binding
From the solution-based absorbance data, it was determined that all seven
substrates (AA, 2-AG, Ebastine, MSPPOH, TFN, DAN, and DOX) result
in a blue shift in the Soret band of CYP2J2-ND and therefore are classified
as type I drugs for this cytochrome P450 protein. As expected for type I
substrates, the spectral shift of immobilized CYP2J2-ND on the nanoLCA
sensor following substrate binding was consistently to lower wavelengths (blue
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shift). Despite the fact that the dissociation constants of the seven substrates
used here are similar, substrate-dependent shifts were measured in addition
to concentration-dependent blue shifts. Figure 2.4(c) shows a representative
blue shift in the transmission spectrum plasmon resonance peak of CYP2J2-
ND immobilized on the nanoLCA sensor following immersion in a solution
containing a high concentration of Ebastine. For comparison, Figures 2.4(d)
and 2.4(e) show the shift after immersion in a low concentration of Ebastine,
and the 10 mM KPi buffer, respectively. The lower concentration of the
substrate leads to a lower magnitude spectral blue shift on the nanoLCA
and incubation in the KPi buffer alone does not lead to a detectable shift.
Figure 2.4(f) gives a bar graph summary of the blue shifts corresponding to
drug binding to CYP2J2-ND on the nanoLCA sensor for all seven substrates
at high and low concentrations.
2.4.4 Colorimetric detection of substrate binding to
CYP2J2-ND
The nanoLCA sensor has a single transmission peak in the visible range;
therefore, brightfield microscope images can be used to qualitatively mea-
sure spectral shifts following drug binding. In order to carry out the image
analysis, the original image of 2048x2048 pixels with 24 bit depth was first
converted to an 8 bit image by separating the red, green, and blue channels
in ImageJ software. Figure 2.5(a) shows the intensity of the green channel
for MUA, CYP2J2-ND, and Ebastine binding in sequence on the nanoLCA
false colored in the intensity ranges of 0-255. The average intensity of the
red, green, and blue color channels for MUA, CYP2J2-ND, and Ebastine
is shown in Figure 2.5(b). All three color channels follow a similar pattern
showing an overall intensity increase. Figure 2.5(c) shows the intensity per-
centage, calculated as the average intensity of each color channel divided
by the sum of the average intensity for each color channel. It can be seen
that from MUA to CYP there is a detectable increase in the red and green
intensity percentages and a detectable decrease in the blue intensity per-
centage between the images. These changes in the intensity percentages of
the red, green, and blue color channels match what would be predicted for
a spectral red shift on the nanoLCA device, corresponding to the spectral
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data we collected for CYP binding to immobilized MUA. From CYP2J2 to
Ebastine, there is a detectable decrease in the red intensity percentage and
a detectable increase in the green intensity percentage. The changes in the
color channel intensity percentages indicate that a blue shift is occurring on
the nanoLCA device, confirming the spectral data we collected for Ebastine
binding to CYP2J2. The potential use of the nanoLCA sensor for detecting
drug binding to P450s by image analysis alone could drastically improve as-
say speed allowing high-throughput screening of hundreds of drugs binding
to P450s simultaneously.
2.4.5 Discussion of detection of substrate binding to
CYP2J2-ND on nanoLCA
Overall, these results suggest that the nanoLCA sensor allows spectral and
colorimetric analysis of substrate binding to CYP2J2-ND that can be carried
out using a brightfield microscope, camera, and portable spectrometer. The
development of a platform for high-throughput screening of drug binding to
P450s will require a device with a small footprint, low cost, sensitive detec-
tion, and that can allow parallel detection of hundreds of different drugs at
different concentrations. Nanoplasmonic sensors are an excellent candidate
since they can be easily miniaturized. In particular, nanohole sensors only
require a light source and portable spectrometer for data acquisition. The
spectral reliability of the nanoLCA sensor that we have reported here poten-
tially allows quantitative detection of the binding of different substrates at
different concentrations to P450s.
2.5 Conclusion
Here we have reported the application of a nanoLCA sensor to the detection
of substrate binding to CYP2J2-NDs. The nanoLCA fabrication method
relies on wafer-scale nanoreplica molding, which results in low defect highly
uniform sensors. We found the spectral properties of the nanoLCA sensor
to be highly reliable, which allowed the detection of substrate dependent
and concentration dependent blue shifts, corresponding to the binding of
type I substrates to CYP2J2-NDs. We also demonstrated the ability to use
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brightfield microscope images alone to extract spectral information, based on
the fact that the nanoLCA spectrum consists of a single transmission peak
in the visible. This study indicates that the nanoLCA sensor has a strong
potential for the future development of a high-throughput spectroscopic on-
chip method for detecting drug binding to cytochrome P450 proteins.
2.6 Figures
2.6.1 Figures
Figure 2.1: SEM images of the top-down (a) and cross-sectional (b) view of
the nanoLCA device. (c) Raw transmission data for several devices from
several different wafers. Signal intensity varies, but the plasmon resonance
peak wavelength remains consistent. (d) A schematic of transmission-based
illumination of the device, which results in a green color.
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Figure 2.2: A schematic of the CYP2J2-ND system (a) with CYP2J2
protein (blue) incorporated into the Nanodisc, which consists of a
phospholipid bilayer (gold) and two membrane scaffold proteins (red) is
also shown along with a schematic showing binding of AA to CYP2J2s
active site (b). A schematic of the cross section of a single nanocup with
MUA monolayer (light blue) and CYP2J2-ND (red) bound is also shown
(c). The morphology of the nanoLCA device was confirmed by AFM
imaging as shown in (d)
.
Figure 2.3: A top view SEM image (a) of the nanoLCA device is shown
along with representative AFM line scan data (b).
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Figure 2.4: A representative red shift in the transmission spectra following
MUA immobilization and CYP2J2-ND binding is shown in (a), with the
peak wavelength at each step noted in the figure legend, and the average
plasmon resonance peak wavelength across all wells is shown in (b). The
spectral blue shift from a high (c) and low (d) concentration of Ebastine
binding with immobilized CYP2J2-ND along with the shift corresponding
to 10mM KPi buffer alone (e) is shown. The lower panel shows a bar graph
of the shifts on the nanoLCA corresponding to seven different type I
substrates at high and low concentrations (f). The high concentration bar
corresponds to the average of the two wells with an error bar denoting the
standard deviation.
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Figure 2.5: Images of the green channel intensity for air, MUA,
CYP2J2-ND, and Ebastine are shown (a). The changes in average intensity
for the three color channels for MUA, CYP2J2-ND, and Ebastine are
plotted in (b) and the percent intensity, calculated as the average intensity
of the color channel divided by the total average intensity for the image, is
also plotted in (c).
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CHAPTER 3
LABEL-FREE CELL ADHESION IMAGING
ON NANOCUP ARRAY
3.1 Introduction
The colorimetric properties of the nanoLCA device were further explored and
utilized to carry out a cell-substrate adhesion imaging study color channel
analysis of micrographs [64, 65, 66]. The study of cell adhesion is used to un-
derstand cellular differentiation, cycle, migration, and survival. Changes in
cell adhesion profiles are often associated with diseases such as cancer, arthri-
tis, osteoporosis, and atherosclerosis [2]. Cancer stages can also be identi-
fied by changes in cellular adhesion to an extracellular matrix (ECM) [67].
Therefore, the development of methods to detect and quantify cell-cell and
cell-substrate adhesion at the single cell level is important for understanding
cell signaling pathways, determining the effects of biochemical treatments,
drug discovery research, cancer metastasis studies, and disease diagnosis.
Both chemical and mechanical cues have crucial roles in determining cel-
lular behavior based on adhesion changes [68, 69, 70]. Cell adhesion to an
ECM is defined by transmembrane proteins called integrins, which cluster
into focal adhesion (FA) complexes, which are highly localized and altered
by integrin clustering on the nanoscale [71, 72, 66]. While the cell mem-
brane is typically separated from a substrate by approximately 150 nm, at
FA sites this distance shrinks to 10-15 nm [73]. Cell adhesion is currently
measured using a variety of biophysical methods. Fluorescent methods al-
low direct visualization, but not real-time observation and measurement [70].
Interference reflection microscopy, where partially reflected light is used to
create an interference pattern, can also be used for direct visualization of
cell-substrate separation, but measurements are difficult to quantify [74, 75].
There remains a need for a simple noninvasive method to monitor the adhe-
sion and separation of single cells from a substrate in response to biochemical
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or biophysical inputs or in different states of disease. This tool should allow
observations and measurements in real time, use easily accessible equipment,
and have low time and labor requirements.
Plasmonic sensors, due to their evanescent fields, have a large potential
for measurement of cell-substrate separation, but so far have been greatly
underutilized for this purpose. In one noteworthy study, a SPR microscope
was constructed in order to detect and quantify cell-substrate adhesion for
primary goldfish glial cells cultured on aluminum coated glass prisms [76].
Quantitative measurements of distances between the cell membrane and the
aluminum surface were made by scanning the angle of incidence and taking
local measurements of the angle required for SPP excitation.
In this work a new method for detecting cell-substrate adhesion is intro-
duced based on the excitation of surface plasmons on the nanoLCA EOT
nanocup array substrate. Since plasmonic sensors have a decay length of
200 nm or less, they have a high sensitivity to the RI directly at the metal-
dielectric interface with a vertical resolution that is theoretically sub-nanometer
[76].
The decay length of the nanoLCA sensor has been previously determined
to be 193 ± 10 nm [77]. Using the advantage of colorimetery, we show that
an increase in RI can be detected and quantified by shifts in peak intensity
values for the normalized red and green channel histograms from RGB images
taken of the device surface. The highest sensitivity occurs for the difference
between the green and red channels because the spectral red shift occurring
due to an increase in the RI corresponds to an increase in the red intensity and
decrease in the green intensity of the RGB image. This work demonstrates
that EOT sensors can be used to map nonuniform RI profiles of samples
using micrographs and color channel analysis. In this work, this property is
applied to determine the spatially varying RI of 3T3 cells cultured directly
on the plasmonic substrate. In addition, using the decay length of the EOT
sensor, we are able to determine a cell-substrate separation distance from the
experimental data.
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3.2 Materials and Methods
3.2.1 Cell culture and plating
The EOT plasmonic substrate was fabricated as previously described. All
studies were carried out with 3T3 fibroblast cells, which were cultured in
Dulbecco’s Modified Eagle’s Medium without phenol red supplemented with
10% bovine calf serum and 1% pen-strep solution. The cells were cultured
at 37◦ in a humidified atmosphere of 5% carbon dioxide (CO2). Before cell
plating, the nanoLCA device was cleaned in isopropyl alcohol (IPA), water,
and IPA followed by drying in N2 and immersing in 70% ethanol for steril-
ization followed by drying again in N2. The cells were plated directly onto
the device, which was placed in the bottom of a glass-bottomed culture dish,
and allowed to grow on the substrate for 48 hours to ensure sufficient attach-
ment. All images were taken in phosphate-buffered saline (PBS) warmed
to 37◦ with a coverslip placed on top. For images taken over time, PDMS
spacers were used between the coverslip and cells in order to prevent cell
detachment.
3.2.2 Imaging and image analysis
Micrographs were taken with a brightfield microscope (Olympus BX51) op-
erating in transmission mode with a 50X objective and halogen light source.
Transmission spectra were also taken using this same microscope and light
source with a portable spectrometer (Ocean Optics). The transmission spec-
tra were normalized with the light source spectrum in order to obtain the
final data. Multispectral images were taken using a multispectral imaging
setup consisting of a halogen light source, monochromator, and microscope
with a 10X objective. The imaging is controlled by a custom LabVIEW
program.
All image analysis was carried out using MATLAB (Mathworks) and the
MATLAB Image Processing Toolbox. The RGB image was first split into
the three color channels (red, green, blue) and each color channel image was
normalized by taking each channel’s intensity at each pixel and dividing by
the total RGB intensity for that pixel. For example, the first pixel of the
red color channel image is equal to pixel1red,normalized = pixel1red/(pixel1red
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+ pixel1green + pixel1blue). The result is an image in the range of 0 to 1 for
each color channel that gives an accurate representation of the color contri-
bution to the image. This procedure removes the effect of intensity variations
between the three color channels based on the experimental parameters. The
difference image is obtained by subtracting the red color channel image from
the green color channel image (green-red). The built-in MATLAB colormaps
(parula, hot) were used for cell adhesion map visualization where the colorbar
scale was set based on the measured calibration curves. Nonuniform illumi-
nation correction and contrast enhancement of RGB cell images was done by
filtering with morphological opening of the image using a disk-shaped struc-
tural element with a radius of 20 pixels before splitting the image into the
three color channels. The images taken with the multispectral system were
directly subtracted and enhanced by contrast stretching in the range of 0 to
1.
3.2.3 Simulation study
A 3D finite element method (3D-FEM) simulation study was carried out
using the COMSOL Multiphysics RF Module. A single nanocup with a
period of 325 nm, top cup diameter of 180 nm, bottom cup diameter of
160 nm, and cup height of 500 nm was modeled. A 90 nm Au layer was
placed on the top and bottom of the cup. The Au nanoparticles that line
the sidewalls of the nanoLCA device were not modeled in this case in order
to simplify the simulation. The polymer substrate RI was set to 1.56, the
superstrate RI was set to 1.33, and the wavelength dependent RIs of Ti and
Au were interpolated from the experimental data reported by Johnson and
Christy [33, 34]. A cell membrane was modeled by placing an additional
superstrate with a RI of 1.46 at different distances d from the device surface.
The plane wave source propagated in the +z direction at normal incidence
with polarization along x. The total simulation region was 325 nm x 325 nm
x 2000 nm. Periodic boundary conditions were imposed along x and y and
nonreflecting boundary conditions were imposed along the z axis by the use
of periodic ports for transmission measurements.
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3.3 Operating Principle
A schematic of a single cell cultured on the Au plasmonic device is shown
in Figure 4.1(a) with a top-down SEM image of the device shown in Figure
4.1(b). The proposed method for cell adhesion mapping is based on the
evanescent field generated by a plasmon resonance in addition to the RI
changes that occur based on the cell adhesion profile. In particular, at FA
complexes when the cell membrane is 10-15 nm away from the device surface,
the effective RI experienced by the evanescent field should be much larger
than the case where the cell membrane is 150 nm away from the device
surface.
EOT nanohole arrays exhibit peaks due to LSPR and SPR with the SPP-
Bloch wave (SPP-BW) typically having a high sensitivity. The wavelength
required for SPP-BW (λSPP−BW ) excitation can be predicted based on the-








where p is the periodicity, i and j are integers defining the scattering orders,
εm is the dielectric constant of the metal and εd is the dielectric constant
in the sensing region [35]. The generated SPP-BW results in an evanes-
cent electromagnetic wave at the metal-dielectric interface and therefore the
sensitivity exponentially decays away from the interface with the highest
sensitivity directly at the device surface.
In order to confirm this concept, a 3D-FEM simulation study was carried
out. The transmission spectra with increasing superstrate RI are shown in
Figure 4.1(c) while the transmission spectra with increasing cell-substrate
separation distances d are shown in Figure 4.1(d). As can be seen, a dis-
tinguishable spectral shift of 7 nm occurs when d = 15 nm, but there is no
detectable spectral shift when d = 150 nm. The simulated near fields are
shown in Figure 4.1(e). The near fields are modified by the smaller displace-
ment of the cell from the device surface, but not for the d = 150 nm case.
The near fields were also visualized in order to confirm that the main peak in
the transmission spectrum corresponds to the SPP-BW as is shown in the Ez
and Hy field components in Figure 4.1(e). These results show that the EOT
nanocup sensor has a sensitivity to vertical displacement from the device sur-
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face, as expected. The simulation results are a conservative estimate since
the sensitivity of this simulated structure is 130 nm/RIU, while the sensitiv-
ity of the nanoLCA is expected to be 250 nm/RIU. The significant increase
in the sensitivity of the actual device likely comes from the Au nanoparticles
on the cup sidewalls.
3.4 Experimental Results
The experimental transmission spectra when the superstrate is changed from
air to PBS to PBS with a cultured cell is shown in Figure 4.2(a). As expected,
the increase in RI results in a spectral red shift of the SPP-BW. Figures
4.2(b) and 4.2(c) show the normalized color channel histograms for the air
and PBS case, respectively. Here when an increase in RI occurs, there is
an increase in intensity for the red channel, a decrease in intensity for the
green channel, and a decrease in intensity for the difference channel (green-
red). In order to compare the properties of the spectral and colorimetric
sensing modes, the sensitivities were determined using glycerol solutions with
increasing concentrations (0% to 60%) in Milli-Q water. This corresponds to
a RI change from 1.33 to 1.41. Figure 4.2(d) shows the spectral peak position
with increasing RI. The sensitivity was calculated to be 230 nm/RIU, which
is close to the expected value for the nanoLCA. Figures 4.2(e)-(h) show the
normalized color channel histograms with increasing RI for the red, green,
blue, and difference channels, respectively. The results are summarized in
the plot shown in Figure 4.2(i) where the intensity for each color channel, I,
is fit to a linear model. The red color channel has a calibration equation of
I = 0.37(RI)−0.13 with R2 = 0.82, the green color channel has a calibration
equation of I = −0.38(RI) + 0.98 with R2 = 0.96, the blue color channel
has a calibration equation of I = 0.02(RI) + 0.15 with R2 = 0.48, and
the difference (green-red) color channel has a calibration equation of I =
−0.79(RI)+1.18 with R2 = 0.91. Based on these results, the red, green, and
difference color channel histograms can all be used for detecting RI changes,
but the difference channel has the highest sensitivity.
The RGB images of cells cultured on the plasmonic nanocup array before
and after filtering are shown in Figures 4.3(a) and 4.3(b). Figures 4.3(c)-(e)
show the red channel, green channel, and difference channel images, respec-
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tively. These image types are repeated for another single cell and shown be-
low in Figures 4.3(f)-(j). In the red color channel image, locations of greater
RI show higher intensity visualized in the parula MATLAB colormap as more
yellow and less blue. In the green and difference color channel images, loca-
tions of greater RI show lower intensity visualized in the same colormap as
more blue and less yellow.
In order to further confirm our method, images of single cells were also
taken on a glass slide and on an Au thin film (9 nm Ti with 90 nm Au)
deposited on a flat polymer sheet. The same image processing method was
applied, but the resulting images were almost completely blank with no in-
formation. These results suggest that the method and analysis presented
here apply specifically for mapping the RI variations of the cells cultured on
the plasmonic nanocup array substrate.
The cell adhesion profile for a single 3T3 cell was also monitored over time
when the cell was placed in an environment of osmotic stress (500 mM NaCl)
that is expected to cause the cell to shrink. The difference color channel
images are shown for time point 1 (0 minutes), time point 2 (30 minutes),
time point 3 (60 minutes), and time point 4 (90 minutes) in Figures 4.4(a)-(d)
using the hot colormap. The changes in cell adhesion are better visualized
by a close-up image on the cell body for the four different time points as
shown in Figures 4.4(d)-(h). The maximum intensity value is also decreased
from 0.225 to 0.15 to increase the visualized contrast in the image. In this
case, the higher RI is given by the lower intensity and visualized as more
red. Locations of decreasing adhesion with respect to time are highlighted
in Figures 4.4(D)-(H) by black arrows.
In addition to brightfield microscope RGB images, grayscale images taken
using a multispectral imaging system also can be used for plasmonic RI
mapping and cell adhesion imaging [78]. In this case, an image is taken at a
single wavelength at a time and two images taken at different wavelengths are
subtracted to obtain the difference image. The schematic of the multispectral
imaging system used for this study is shown in Figure 4.5(a). A white light
source is sent through a monochromator where a grating is used to select
the wavelength of interest. The nanocup array is then illuminated with this
light and imaged with a 10X objective lens and camera. The grayscale image
taken at λ = 625 nm is shown in Figure 4.5(a). Figures 4.5(c)-(h) show the
difference images, I(λ1) − I(λ2), between λ2 = 625 nm and λ1 = 450, 475,
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500, 525, 550, and 575 nm, respectively. The contrast and detail in the images
increase as λ1 leaves the blue spectral range and goes further into the green
closer to the spectral peak of the plasmonic nanocup array. Figures 4.5(i)-(j)
show a close-up image of single cells cultured on the plasmonic device for the
difference image where λ1 = 575 nm.
3.5 Conclusion
In this work, we have presented experimental results which show that RI
changes can be detected and quantified by detecting shifts in the peak inten-
sity values for green and red channel histograms with the difference channel
(green-red) showing the highest sensitivity. This result has many impor-
tant consequences. It demonstrates that RI changes can be detected and
quantified using an EOT plasmonic substrate and brightfield microscope im-
ages, therefore enabling high-throughput low-cost RI mapping of uniform and
nonuniform samples alike. In this study, we demonstrated how this method
provides a new way to carry out cell adhesion mapping of single cells us-
ing brightfield microscope images taken of living cells cultured on plasmonic
nanocup arrays.
This work presents a proof-of-concept and there are still important biologi-
cal details to consider. For example, the 3T3 cells in this work were cultured
on the plasmonic nanocup arrays directly without any surface treatment.
Coating the substrates with an ECM protein such as collagen or fibronectin
is common in cell adhesion studies and is an important step in our future
work to ensure relevant adhesion profiles. Our device can easily be applied
to cell adhesion mapping with different surface treatments as long as the cal-
ibration curve is done with the device including the same surface treatment.
This tool enables mapping cell-substrate separation in real time where the
cell can be exposed to a wide variety of biochemical and biophysical stimuli,
therefore filling an important gap in available tools for cell adhesion studies.
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3.6 Figures
Figure 3.1: (a) Schematic of a single cell cultured on the EOT plasmonic
device. (b) Top-down SEM image showing the device morphology on the
microscale. (c) Simulated transmission spectra with increasing superstrate
RI. (d) Simulated transmission spectra with increasing cell-substrate
distance. (e) Electromagnetic near field components at the resonance
conditions.
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Figure 3.2: (a) Transmission spectra of the nanocup array for air, PBS, and
PBS with cultured cell. (b-c) Histograms of red, green, blue, and green-red
color channels for RGB images of the nanocup array with air and PBS,
respectively. (d) Relationship between spectral peak position and RI of
glycerol solutions. (e-h) Histograms for red, green, blue, and green-red color
channels for different superstrate RI. (i) Relationship between color channel
peak intensity and RI of glycerol solutions.
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Figure 3.3: RGB image of one cell before (a) and after (b) filtering. (c-e)
Red channel, green channel, and difference channel images, respectively.
RGB image of another cell before (f) and after (g) filtering. (h-j) Red,
green, and difference channel images, respectively.
Figure 3.4: (a-e) Cells cultured on the plasmonic device with images taken
once every thirty minutes. (e-h) The same images are shown with a closer
view of the cell body and smaller intensity range to increase contrast.
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Figure 3.5: (a) Schematic of multispectral imaging setup. (b) Image taken
at λ = 625 nm. (c-h) Contrast stretched difference image, I(λ1)− I(λ2),
between λ2 = 625 nm and λ1 = 450 nm, λ1 = 475 nm, λ1 = 500 nm,
λ1 = 525 nm, λ1 = 550 nm, and λ1 = 575 nm, respectively. (i-k)
Visualization of single cells for the difference image between λ1 = 575 nm




NANOCUP ARRAY WITH CdS CAVITY
LAYER
4.1 Introduction
For the biosensing applications carried out on the nanoLCA plasmonic nanocup
array, the advantages and disadvantages of this sensor were determined.
While this substrate can enable spectral and colorimeteric detection of refrac-
tive index changes due to bulk solutions and molecular binding events, the
LOD is not sufficient for future point-of-care applications, such as for can-
cer biomarker screening. In addition, since the sensing mechanism is based
on spectral shifts, the device performance is limited by the availability of a
high-end spectrometer. Therefore, new plasmonic sensing methods should
be explored which improve upon the sensitivity and LOD of the nanoLCA,
but also enable portable instrumentation development.
The plasmonic nanocavity in nanocup array is a plasmonic sensor design
that consists of a multilayered deposition on top of the nanoLCA sensor. The
result is a new type of plasmon sensing mechanism where a RI change results
in a highly sensitive change in the peak intensity without any change in the
spectral peak position. In addition, the transmission intensity change is
primarily spectrally localized at the peak and there exist spectral locations
with no intensity change, which can be used as internal references. This
type of sensor, based on intensity changes with no spectral shift, is therefore
promising for spectrometer-free plasmonic sensing. The development of this
sensor, the study of its optical properties, and biosensing applications will
be explored in Chapters 4 and 5 of this dissertation.
Our nanoplasmonic resonance sensor design shows a unique interactive
plasmonic-photonic resonance effect: only resonance peak intensity varia-
tion, not a plasmon resonance wavelength shift, is observed in the far field
as a function of the optical RI on the superstrate when a periodic plasmonic
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nanostructure and a multilayer nanocavity are combined. Multilayer plas-
monic structures have been investigated for on-chip photonic devices, such as
multilayered plasmonic waveguides [79]. Metal-insulator-metal (MIM) sur-
face plasmon waveguides have been studied for refractometric detection [80].
In addition, the LSPR effect has been used with multilayered geometries to
increase light-induced catalytic activity of materials such as palladium [81].
The study of dielectric films and MIM structures combined with an EOT sub-
strate has been reported previously [82]. However, these prior works focused
on SERS applications or on the plasmon resonance peak shift of nanohole
arrays and the sensitivity of these structures to superstrate RI changes was
lower than conventional EOT devices.
The new hybrid nanoplasmonic-nanocavity sensor that we utilize here is
based on a 3D plasmonic nanocup resonator structure, which consists of a
nanostructured polymer substrate with a deposited Au layer [45]. To form a
nanocavity embedded in the plasmonic nanocup array, we deposit a CdS or
SiO2 layer on the first Au layer followed by a second Au layer. The CdS layer
is chosen due to its high RI and low extinction coefficient (k) in the visible
light range, while the Au layers provide strong confinement of the electromag-
netic field on the nanoscale. Here we will refer to this distinct nanoplasmonic-
nanocavity device as a multilayer nano Lycurgus cup array (ML-nanoLCA),
due to the similar optical properties of the underlying nanocup structure to
the Lycrugus cup developed by the ancient Romans. We have found that
by the addition of a nanostructured cavity array on a high-performing con-
ventional nanoplasmonic sensor, entirely new optical and spectral properties
are observed. In particular, for the ML-nanoLCA, an increase in RI of the
superstrate results in an increase in the transmission intensity or equivalently
resonance extraction at the plasmon resonance wavelength, but no shift in the
peak wavelength position. Detection is achieved by monitoring the change in
transmitted intensity at the resonance wavelength. In addition, our sensor
contains a wavelength region where no intensity change occurs with varying
RI. Other groups have reported intensity-based detection using EOT devices
where molecular binding events typically result in a decrease in transmis-
sion intensity (increase in absorbance) [83]. However, complex experimental
setups and substantial post-processing of the data are required to obtain con-
sistent results since these spectral features also contain shifts and no reference
regions. Therefore, we introduce a new plasmonic sensing model where RI
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changes result in no peak wavelength shift, but can be detected with a high
sensitivity using the peak intensity variation.
In this work, we describe the fabrication, characterization, and principle
of operation of the ML-nanoLCA device along with ultrasensitive label-free
biomolecular detection. The device design is further optimized by tuning
the layer thicknesses for a better sensitivity and then applied to detect the
cancer biomarker CEA. CEA is produced during fetal development and its
production terminates before birth. The normal level of CEA for a healthy
person is around 3-5 ng/mL [3]. However, there is a considerable increase
(>10 ng/mL) in its concentration for people with conditions like lung cancer
[4], colorectal carcinoma [5], and breast carcinoma [6]. We report that the
ML-nanoLCA achieves a label-free LOD of 1 ng/mL (5 pM) for CEA simply
by monitoring the peak intensity change. In this work, the LOD is defined by
the lowest detectable concentration of CEA for the values tested. Therefore,
the actual LOD of this device may be lower than the experimental value
reported here. This sensing performance of the ML-nanoLCA is outstanding
compared to that of current SPR systems. A LOD of 100 ng/mL for CEA was
reported when using a commercially available SPR system and a secondary
antibody label was required to reduce the LOD to 3 ng/mL [84].
The optical properties and biosensing results for our nanocavity plasmon
resonance sensor presented in this work have important implications for fu-
ture point-of-care plasmon resonance sensing systems. This device only re-
quires normal incident light for the RI detection and the results are indepen-
dent of the polarization. The spectral features suggest that illumination and
detection can be achieved using only an incoherent light source with a nar-
rowband filter or a light emitting diode (LED) and photodetector. Therefore,
no spectrometer or other specialized equipment is required. In addition, since
the intensity changes within a fixed wavelength range and there are spectral
regions where no intensity change occurs, this device has a high potential to
be self-referencing if the optical excitation and detection is designed properly.
The ability for the device to act as its own reference sample has particular
importance for intensity-based measurements where sample-to-sample vari-
ations can be difficult to control in applications done outside of a controlled
laboratory setting. For example, reference regions can be used to detect
small changes in light source intensity that are not due to any RI change.
We anticipate that these advantages of our device will make feasible the de-
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velopment of a portable point-of-care biosensor for early detection of disease
biomarkers.
4.2 Materials and Methods
4.2.1 ML-nanoLCA device fabrication
The nanoLCA device was fabricated using the nanoreplica molding process
as previously described. The CdS or SiO2 cavity layer (40 or 80 nm) was
then deposited using sputtering with an RF plasma. This was followed by
e-beam evaporation of a 5 nm Ti adhesion layer and a top Au layer (50 or
25 nm) to form the nanocavity.
4.2.2 Spectral and sensitivity measurements
The transmission spectra were measured using Cary 5G UV-Vis spectrometer
in the wavelength range of 400-800 nm. A zero baseline correction was used
in order to normalize the sample transmission spectra to the light source
transmission spectrum. The device sensitivity was measured in the unit of
∆%T/RIU as the relative change in the transmission (T ) intensity at the
wavelength that corresponds to the maximum intensity. Sucrose solutions
(Sigma-Aldrich) with different concentrations (0% to 60%) mixed in Milli-Q
water were used for the bulk sensitivity measurements. This range in sucrose
concentration corresponds to RI variation from 1.33 to 1.44.
4.2.3 DNA hybridization
DNA-1 (5’ thiol-GTT GTG TCC TGC TAA GTC CT), which is a ssDNA
modified with a thiol group, was mixed with tris(2-carboxythyl)phosphine
hydrochloride. The solution was incubated on the ML-nanoLCA surface at
a concentration of 10 µM for 16 hours at 37◦C to break the S-S bond and
immobilize the DNA-1 on the top Au surface. The device was then incubated
in a blocking thiol solution MCH (6-mercapto-1-hexanol) at a concentration
of 1 µM for 1 hour at room temperature. For the final hybridization step,
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the ML-nanoLCA device was immersed in a 1 µM DNA-2 (3’ complimentary
base pair) solution for 16 hours at 37◦C. Following each incubation step, the
device was washed with Milli-Q water, dried with nitrogen (N2), and the
transmission spectrum was taken in water. (All materials were purchased
from Sigma-Aldrich.)
4.2.4 Streptavidin-Biotin Binding
The ML-nanoLCA device was incubated in a 1 mM solution of thiolated bi-
otin at 37◦C followed by immersion in a 1 mM MCH (6-mercapto-1-hexanol)
blocking solution for 2 hours at room temperature. In order to assess strep-
tavidin binding to the immobilized biotin, the ML-nanoLCA device was im-
mersed in a 1 µg/mL (18.9 nM) streptavidin solution at room temperature.
Following each incubation step, the device was washed with Milli-Q water,
dried with nitrogen (N2), and the transmission spectrum was taken in wa-
ter. The binding of streptavidin was also monitored with respect to time by
taking the transmission spectrum during the incubation. (All materials were
purchased from Sigma-Aldrich.)
4.2.5 Transfer matrix method
The transfer matrix method was implemented in MATLAB (The Math-
Works, Inc.) following a procedure for combining interface transitions and
layer propagation in multilayered structures [85]. The backward propagation
method was used and the result was normalized such that the incident in-
tensity in all cases was the same. The RI for CdS was set to 2.5, the RI for
the UV-curable polymer was set to 1.56, and the RI for the superstrate was
set to 1.33. The RI and k for Au were taken from interpolated values from
Johnson and Christy [86].
4.2.6 CEA detection
The devices were first incubated in a MUA solution in ethanol for 24 hours
at room temperature. The devices were then cleaned in 70% ethanol, dried
in N2, and the transmission spectra were taken in Milli-Q water. The devices
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were then dried in N2 followed by incubation in a 1:1 mixture of 400 mM
EDC and 100 mM NHS (both in Milli-Q water) at room temperature for 30
minutes. The devices were then rinsed in PBS and immediately incubated
with 30 µg/mL monoclonal anti-CEA antibody at room temperature for two
hours. In the case of the antibody control, the device was incubated with
30 µg/mL mouse IgG for two hours at room temperature. The sensors were
then rinsed in PBS, dried with N2, and the transmission spectra were taken in
water. The sensors were then incubated for 30 minutes at room temperature
in a 30 µg/mL BSA blocking solution followed by incubation for 30 minutes
at room temperature in a 10% ethanolamine solution to cap the non-reacted
NHS esters. The devices were then rinsed in Milli-Q water and the trans-
mission spectra were taken. Finally, the devices were immersed in different
concentrations of CEA for two hours and the transmission spectra were taken
to detect binding of CEA at the ML-nanoLCA surface. (All materials were
purchased from Sigma-Aldrich.) Detection of CEA was also carried out in
human serum samples. Devices were functionalized as described previously,
but for the final incubation 1 µg/mL and 100 ng/mL of CEA were spiked
in human blood serum samples (Zen-Bio) and incubation was done for two
hours before cleaning in Milli-Q water and taking the transmission spectra.
4.3 Device Design and Properties
A schematic of the ML-nanoLCA device showing the multilayered structure
and direction of illumination is shown in Figure 4.1(a). The actual nanoscale
device image is taken by a focused ion beam (FIB) as shown in Figure 4.1(b)
with a zoomed-in image of three nanocups. The two Au layers and CdS layer
are clearly visible. A top-down SEM image of the device is shown in Figure
4.1(c). From the cross-section and top-down images it can be seen that the
tapered nanocup geometry of the nanoLCA is preserved. Figure 4.1(d) shows
the camera image of a 1.5 cm x 1.5 cm device taken under ambient light. The
surface morphology and nanocup depth is determined by AFM as shown in
Figure 4.1(e). The approximate depth of the periodic hole structure is 300
nm. Figure 4.1(f) shows the transmission spectra for the nanoLCA with
no cavity structure for a superstrate of air (RI=1), water (RI=1.33), and
isopropyl alcohol (IPA) (RI=1.37). As expected from an EOT sensor, with
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an increase in RI there is a red shift in the transmission peak wavelength.
However, as shown in Figure 4.1(g), when the CdS-Au nanocavity structure
is added on top of the nanoLCA an increase in RI corresponds to an increase
in transmission intensity at the plasmonic resonance with no spectral shift
for the prominent peak at 695 nm.
In order to assess the sensitivity of the ML-nanoLCA device, different
concentrations of sucrose solutions (from 0% (w/v) to 60% in Milli-Q water)
were added onto the superstrate. This change in concentration of the sucrose
corresponds to a bulk RI change from 1.33 to 1.44. With increasing RI, there
was an increase in the intensity of the resonance peak in the transmission
spectrum, but no spectral shift, as shown in Figure 4.2(a). To identify the
effect of the material properties of the sandwiched insulator in the MIM
structure, the layer of CdS (RI ≈ 2.5) was replaced by a 40 nm layer of SiO2
(RI ≈ 1.45). This modified MIM structure also showed the transmission
intensity consistently increasing with an increase in the RI of the superstrate
as shown in Figure 4.2(b).
For both cases, an increase in w/v % of sucrose, corresponding to an
increase in RI, results in an increase in the peak intensity. For the CdS
cavity there is no spectral shift while for SiO2 there is a small shift with
an increase in RI. The results of the sensitivity measurements are shown in
Figure 4.2(c). The CdS cavity layer, which has a RI of 2.5, has a sensitivity
of 660 ∆%T/RIU at λ = 695 nm while the SiO2 cavity layer, which has a
RI of 1.45, has a sensitivity of 340 ∆%T/RIU at λ = 672 nm. Therefore, by
increasing the RI of the cavity layer by approximately 1 RIU, the sensitivity
is approximately doubled.
4.4 Biosensing and Cancer Biomarker Detection
In order to assess the ability for the ML-nanoLCA to detect biomolecular
interactions, we measured the optical response to DNA hybridization and
biotin-streptavidin binding. DNA hybridization was carried out as described
previously. Figure 4.3(a) shows the ML-nanoLCA transmission spectra after
each processing step. These spectra are replotted in Figure 4.3(b) to more
clearly indicate the increase in the transmission intensity with no spectral
shift occurring at the peak resonance wavelength. The average intensity
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values at each step for two trials are shown in the bar graph in Figure 4.3(c)
with error bars representing the standard deviation. There is an increase
in the transmission intensity from 0.076 ± 0.006% to 0.191 ± 0.005% due
to surface binding of DNA-1 and a small decrease in intensity to 0.189 ±
0.006% following MCH incubation. The hybridization reaction is detected
by an increase in transmission intensity to 0.203 ± 0.007% at the resonance
wavelength following immersion in the DNA-2 solution.
Figure 4.3(d) shows the transmission spectra of the ML-nanoLCA following
each processing step for biotin-streptavidin binding. The change in intensity
is plotted in Figure 4.3(e). As expected, immobilization of the thiolated
biotin resulted in an increase in the transmission intensity at the peak wave-
length, immersion in the MCH solution resulted in a small decrease in the
transmission intensity, and binding of streptavidin to the surface resulted in
a transmission intensity increase. The transmission measurement was per-
formed over time to monitor streptavidin binding as shown in Figure 4.3(f).
The results of DNA hybridization and biotin-streptavidin binding demon-
strate that the ML-nanoLCA can be used to detect biomolecular interactions
at the Au-superstrate interface in addition to bulk RI changes. This was ac-
complished by simply monitoring the intensity change at the transmission
peak. However, the relative percent intensity increase was only 7.7% for
detecting a streptavidin concentration of 1 µg/mL (18.9 nM). To detect clin-
ically relevant CEA concentrations, the LOD should be at least 3 ng/mL.
To improve the sensitivity and LOD, further modifications were made to the
ML-nanoLCA. The top Au layer was decreased by a factor of two from 50 nm
to 25 nm to reduce loss in the metal and increase the overall transmission
through the device. In addition, the CdS cavity layer was increased by a
factor of two from 40 nm to 80 nm in order to increase the electric field con-
finement in the cavity. These modifications also red shifted the transmission
peak from 695 nm to 765 nm.
A schematic of the surface functionalization of the ML-nanoLCA for CEA
detection, as described previously, is shown in Figure 4.4(a). In the final step
the ML-devices were incubated in different concentrations of CEA in PBS
solutions from 0.1 ng/mL to 1 µg/mL with one replicate for each concentra-
tion. A vehicle control (PBS containing no CEA) was also used in addition
to an antibody control where the non-specific binding between 1 µg/mL of
CEA and anti-mouse IgG was measured. Figure 4.4(b) shows a bar graph for
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the relative intensity change for the CEA and control samples binding on the
ML-nanoLCA surface. The LOD for the ML-nanoLCA was 1 ng/mL. There
was a small relative intensity change for the antibody control (less than 1%)
and a small relative intensity change for the vehicle control (less than 0.5%).
The sensor response as a function of CEA concentration is plotted in Figure
4.4(c) on a log scale. The data was fit to a linear model and showed good
agreement over the three orders of magnitude dynamic range (1 ng/mL to
1000 ng/mL). Figure 4.4(d) shows a plot of the intensity values during the
immobilization steps and Figure 4.4(e) shows the binding of 1 µg/mL and 10
ng/mL of CEA during the incubation. In addition, CEA concentrations of
1 µg/mL and 100 ng/mL were spiked in human serum samples and detected
with a result that was distinguishable from the vehicle control as shown in
Figure 4.4(f).
To accurately compare the CEA detection results on the ML-nanoLCA, we
also prepared nanoLCA devices containing no cavity structure with the same
surface functionalization and detected the binding of CEA. Concentrations of
1 µg/mL and 100 ng/mL of CEA with duplicates were done in addition to the
IgG antibody control (non-specific binding of 1 µg/mL CEA) and the vehicle
control (PBS only). Example transmission spectra for each immobilization
step are shown in Figure 4.5 for 1 µg/mL and 100 ng/mL of CEA. The result
for 1 µg/mL was a 2 nm red shift, whereas for 100 ng/mL, the spectrum
showed no shift. Both control experiments also showed no shift. Therefore,
we conclude that the nanoLCA has a LOD of 1 µg/mL for CEA detection in
contrast to the 1 ng/mL LOD for the ML-nanoLCA.
4.5 Sensitivity Tuning
Figure 4.6(a) gives a schematic of the modifications to the cavity structure of
the ML-nanoLCA, which enabled a LOD of 1 ng/mL for CEA detection. The
sensitivity measurements using increasing concentrations of sucrose in Milli-
Q water, as described previously, were done on the modified cavity structure.
The transmission spectra are shown in Figure 4.6(b) and the sensitivity plot
is shown in Figure 4.6(c). The cavity modifications resulted in an increase
in the sensitivity from 660 ∆%T/RIU to 1150 ∆%T/RIU. The effects of the
modification on the electric field distribution in the cavity structure were
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visualized using the transfer matrix method as shown in Figures 4.6(d) and
4.6(e). Only the UV-curable polymer substrate, bottom Au layer, CdS cavity
layer, top Au layer, and water superstrate were taken into consideration for
the calculation. As expected, by increasing the CdS layer thickness and
decreasing the top Au thickness, the magnitude of the electric field stored in
the cavity increases while the out-coupling to the superstrate also increases.
The significant increase in the field confinement and out-coupling to the
superstrate with the increase in the cavity layer thickness can be understood
by considering the thickness required to obtain a cavity resonance. Assuming
a simplified case of a Fabry-Perot cavity with a CdS dielectric surrounded by
the two Au layers, the thickness of the CdS layer required to form a full cavity
can be approximated. A resonance will occur when there is constructive
interference following a round trip in the cavity. This occurs when the round
trip phase Φ is equal to an integer multiplied by 2π:
Φ = 2φ+ 2k0neffd = m2π (4.1)




, neff = nCdS, d is the thickness of the cavity layer, and m
is an integer. The reflection coefficient r is given by the Fresnel equations at
normal incidence with a complex RI for gold, nAu + ikAu:
r =
nCdS − (nAu + ikAu)
nCdS + (nAu + ikAu
(4.2)
where nCdS is the RI of CdS, nAu is the real part of the RI for Au, and kAu
is the extinction coefficient for Au. Multiplying by the complex conjugate of
the denominator then results in the following for r:
r = [
nCdS − nAu − ikAu
nCdS + nAu + ikAu
][
nCdS + nAu − ikAu
nCdS + nAu − ikAu
] =
n2CdS − n2Au − k2Au − ikAu(2nCdS)
(nCdS + nAu)2 + k2Au
.
(4.3)
It then follows that the phase of the complex reflection coefficient of the
CdS-Au interface is given by
φ = arg(r) = arctan2(−2nCdSkAu, n2CdS − n2Au − k2Au). (4.4)
The values for nAu and kAu are functions of wavelength. Therefore, the
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thickness d that produces a cavity resonance can be solved for as a function
of wavelength in the visible and near infrared (NIR) according to
d(λ) =
m2π − 2arctan2(−2nCdSkAu, n2CdS − n2Au − k2Au)
4πnCdS/λ
. (4.5)
A plot of d as a function of wavelength is shown in Figures 4.7(a) and 4.7(b)
for m = 0 and m = 1, respectively.
As expected, the required cavity thickness to form a full cavity increases
with increasing wavelength. The actual thickness for the cavity resonance
will vary when the effects of the nanoLCA geometry, the finite thickness of
the Au layers, and the presence of the Ti adhesion layers are included, but
this is a sufficient approximation to compare the field confinement for the
40 nm and 80 nm CdS cavity layer cases. According to this approximation,
when m = 0, the cavity resonance occurs for a cavity layer thickness of d =
90 nm at λ = 695 nm and for a cavity layer thickness of d =105 nm at λ
= 765 nm. Therefore, for the 80 nm CdS cavity layer with a transmission
peak at 765 nm, we are operating much closer to the cavity resonance and
will have significantly higher field confinement in addition to a higher overall
transmission compared to the 40 nm CdS cavity layer with a transmission
peak at 695 nm.
For further understanding of the cavity effects, the propagation profiles
of the electric field through different planar multilayer cavities without the
nanoLCA structure were calculated at λ = 765 nm using the transfer matrix
method. The electric field squared distribution for a cavity structure with
a 50 nm top Au layer and 80 nm CdS cavity layer was visualized as shown
in Figure 4.8(a). The 80 nm CdS layer allows high field confinement in the
cavity, but the thick top Au layer has high loss in the metal and therefore
produces a weak field exiting the structure. The distribution was also cal-
culated for a 50 nm Au layer with a 40 nm CdS layer (Figure 4.8(b)). Very
little of the field interacts with the superstrate or is confined in the cavity
and thus low sensitivity is predicted. The distribution for a cavity structure
with a 25 nm top Au layer and 80 nm CdS cavity layer is shown in Figure
4.8(c). A significant field confinement in the cavity and interaction with the
superstrate is obtained. Finally, the distribution is calculated for a top Au
layer of 25 nm and a CdS cavity layer of 40 nm as shown in Figure 4.8(d).
As expected, the thinner top Au layer leads to reduced loss in the metal,
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increasing the overall output to the superstrate, but the field confinement
in the thinner cavity layer is significantly less than the 80 nm case. These
results also support that as the CdS cavity thickness is closer to the thick-
ness required for a cavity resonance at a given wavelength, there will be both
an increase in the electric field confined within the cavity layer and an in-
crease in the electric field at the interface between the top Au layer and the
superstrate.
4.6 Conclusion
The ML-nanoLCA, consisting of a nanocavity array deposited on top of an
EOT substrate, is a new design of a plasmonic device with a new plasmonic
sensing mechanism of highly sensitive peak transmission intensity without
any peak shift with changing RI. Unlike conventional SPR sensors, the ML-
nanoLCA achieves RI sensing through the transmission peak intensity vari-
ation instead of the peak shift; thus, a spectrometer that has high spectral
resolution is not required. The device also provides a greatly improved LOD
(5 pM for CEA) over typical EOT sensors and has a dynamic range in the con-
centrations relevant for human cancer biomarker detection. Furthermore, by
making changes to the thickness of the layers that form the cavity structure
we were able to significantly improve the sensitivity of the device. The trans-
fer matrix method was used to explore the modifications made to the cavity.
Further study of the plasmonic and cavity contributions to the sensitivity and
LOD will lead to further improvements in device performance enabling highly
sensitive, portable, and robust detection of biomolecular binding events.
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4.7 Figures
Figure 4.1: Characterization of the ML-nanoLCA device. (a) Schematic
illustration of the ML-nanoLCA showing the multilayer structure and
direction of illumination. (b) Cross-sectional view of the device taken with
a FIB with an expanded view of three nanocups. (c) SEM image of the top
view of the device. (d) Camera image of the ML-nanoLCA taken under
ambient illumination. (e) AFM scan of the device to show the surface
morphology. The graph on the top shows the depth of the periodic hole
structure. A comparison of the transmission spectra for the (f) normal
Au-nanoLCA device and (g) ML-nanoLCA device with air (RI=1), water
(RI=1.33), and IPA (RI=1.37) as the superstrate materials. An increase in
the RI of the superstrate causes a red shift in the resonance peak for the
nanoLCA and an increase in intensity with no detectable shift in the
resonance peak for the ML-nanoLCA.
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Figure 4.2: Comparison between the optical properties of the ML-nanoLCA
for CdS and SiO2. Experimental transmission spectra for CdS (a) and SiO2
(b) for solutions with increasing concentrations of sucrose (from 0% to
60%). (c) Graph comparing the relative intensity change of the
ML-nanoLCA device between CdS and SiO2 with respect to the increasing
concentrations of the sucrose solution and increasing RI.
Figure 4.3: Optical response of the ML-nanoLCA device to detect DNA
hybridization and biotin-streptavidin binding. (a) Transmission spectra of
the device following each ssDNA hybridization step with a schematic shown
in the inset. (b) Zoomed in replotting of the transmission spectra to show
the change in intensity occurring at the plasmon resonance wavelength. (c)
Bar graph of the average intensity values for two trials with error bars
showing the standard deviation. (d) Transmission spectra of the device
following each biotin-streptavidin conjugation with a schematic shown in
the inset. (e) Binding of streptavidin to biotin with respect to time
detected by the change of the peak transmission intensity of the device. (f)
Plot of percent transmission at the resonance peak wavelength with respect
to time during streptavidin binding.
52
Figure 4.4: Detection of CEA on the ML-nanoLCA device. (a) Schematic
of the surface functionalization for CEA detection. (b) Bar graph showing
the relative intensity change for six different CEA concentrations along
with the antibody control (IgG) and the vehicle control (PBS). (c) Plot of
the relative intensity change as a function of CEA concentration (log scale).
The data was fit to a linear model with good agreement. (d) Intensity with
respect to time for 10 ng/mL. (e) Plot of percentage transmission intensity
change for 1 g/mL and 10 ng/mL CEA binding to the anti-CEA
immobilized on the ML-nanoLCA device surface. (f) Bar graph showing
detection of CEA (1 g/mL and 100 ng/mL) spiked in human blood serum
samples compared to the vehicle control of serum only.
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Figure 4.5: CEA detection on nanoLCA with no cavity structure. (a)
Transmission spectra after each immobilization step for detection of 1 g/mL
of CEA on the nanoLCA. From BSA and ethanolamine to 1 g/mL of CEA,
there was a 2 nm red shift. (b) Transmission spectra for detection of 100
ng/mL of CEA. From BSA and ethanolamine to 100 ng/mL of CEA, there
was a 0 nm shift, meaning that this concentration was not detectable.
Figure 4.6: ML-nanoLCA device with modified cavity structure. (a)
Schematic showing the changes made to the cavity structure and resulting
increase in the sensitivity. (b) Transmission spectra for the modified
structure for increasing concentrations of sucrose (0% to 60%) used for the
sensitivity calculation. (c) Graph comparing the measured relative intensity
change of the ML-nanoLCA device for increasing concentrations of the
sucrose solution and increasing RI with the modified cavity structure to the
previous CdS and SiO2 results. (d) Electric field squared distribution for
the case of a 50 nm top Au layer and 40 nm CdS layer. (e) Electric field
squared distribution for the case of a 25 nm top Au layer and 80 nm CdS
layer.
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Figure 4.7: Cavity thickness required to form a full cavity as a function of
wavelength in the visible and NIR. This approximation to the true cavity
structure in the ML-nanoLCA assumes a Fabry-Perot cavity with a CdS
dielectric surrounded by infinitely thick Au layers. The graphs show the
condition when (a) m = 0 and (b) m = 1.
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Figure 4.8: Cavity effects in a planar multilayer sensor. Calculated electric
field squared distributions at = 765 nm for varying thicknesses of the top
Au layer and the CdS cavity layer: (a) 50 nm Au and 80 nm CdS, (b) 50
nm Au and 40 nm CdS, (c) 25 nm Au and 80 nm CdS, and (d) 25 nm Au
and 40 nm CdS. Decreasing the top Au layer thickness leads to less loss and
higher field strength in the superstrate. Increasing the CdS layer thickness
leads to greatly increased field strength in the cavity and higher field




NANOCUP ARRAY WITH TiO2 CAVITY
LAYER
5.1 Introduction
The previous chapter reported on a new plasmonic sensor design based on a
mutlilayered Au-CdS-Au nanocup array. The device has an outstanding sen-
sitivity and LOD compared to the plasmonic nanocup array and the spectral
features show that this sensor is promising for portable system implementa-
tion. In this chapter the optical properties are further explored by examining
the plasmon-cavity coupling and the cavity structure is optimized for refrac-
tometric transmission-based biosensing. In this chapter, the use of a TiO2
cavity layer instead of a CdS cavity layer is studied by experiment and simu-
lation in order to improve the manufacturability of the device. In particular,
TiO2 is chosen as the cavity layer material due to its high RI, zero extinction
coefficient, good manufacturability, and lower toxicity compared to materials
such as CdS.
The device design and spectral characteristics are experimentally demon-
strated with a TiO2 and Au metal layers. We then use FEM electromagnetic
simulations and the TMM in order to study plasmon-cavity coupling in this
device and determine the primary sensing mechanism. A combination of
simulation and experimental results is also used in order to optimize these
sensors for refractometric detection. We show that the sensing mechanism
is primarily dominated by the MIM structure where the sensitivity depends
on the degree of coupling between the cavity and plasmonic modes. We also
investigate the optical properties of the metallic and insulator layers in terms
of how the material parameters contribute to the plasmonic and multilayer
sensing capabilities. Field confinement and resonance tuning in these de-
vices is also studied through a combination of simulation and experiment to
determine the optimal device design.
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5.2 Experimental Validation
The Au-TiO2-Au nanocup array sensor consists of a nanostructured polymer
substrate, fabricated by a wafer-scale nanoreplica molding process, with de-
posited layers of Au and TiO2. A camera image of the device is shown in
Figure 5.1(a). This sensor has a bottom Au layer of 90 nm, TiO2 cavity layer
of 80 nm, and top Au layer of 90 nm. The camera image shows polychrome
color due to the diffraction of the reflected light from the periodic nanocup
array structures. A top-down SEM image of the device is shown in Figure
5.1(b). A well-ordered, periodic array is maintained after the full device
fabrication. The inset shows a SEM image at a higher magnification of the
top-down view of the individual nanocups. The transmission spectra with
increasing RI values are shown in Figure 5.1(c). As expected, an increase in
RI leads to an increase in transmission intensity at a peak resonance wave-
length of approximately 700 nm. In addition to the sensitive and consistent
increase in transmission intensity at the resonance wavelength, there are also
spectral locations with no transmission intensity change with increasing RI.
These locations can potentially be used as spectral references, which will
be required for measurements taken outside of a controlled laboratory envi-
ronment. These results confirm that Au-TiO2-Au MIM plasmonic nanocup
arrays are promising for biosensing-based refractometric detection based on
transmission measurements with no spectral shift. We next turn to simula-
tion methods in order to understand the effects of plasmon-cavity coupling,
material properties, and cavity confinement in these structures. A combi-
nation of simulation and experimental results are then used for sensitivity
optimization.
5.3 Investigation of Plasmon-Cavity Coupling
5.3.1 Device configuration and near-field electric field
distributions
Cross-sectional, top-down, and 3D rotated views of the 3D-FEM model of
the MIM plasmonic nanocup device, taken as snapshots from COMSOL Mul-
tiphysics, are shown in Figures 5.2(a)-5.2(c). The simulation consists of a
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single tapered polymer nanocup modelled in the center of the simulation
region with periodic boundary conditions along x and y to simulate the ar-
ray effect. An Au layer is placed along the top and bottom of the nanocup
with a Ti adhesion layer. In addition, Au nanoparticles are placed along the
nanocup sidewalls. The TiO2 cavity layer is placed along the bottom, tops,
and sidewalls of the nanocup and the top Au layer is placed on the bottom
and top of the nanocup with a Ti adhesion layer. A schematic of the planar
multilayered structure, simulated using the transfer matrix method (TMM),
is shown in Figure 5.3. The multilayer consists of 7 layers and therefore 6 in-
terfaces, and it is assumed that each layer is flat, homogeneous, and extends
infinitely in x and y directions.
The FEM study was used to investigate whether the spectral properties of
the MIM nanocup array can be obtained with different device configurations.
The transmission spectra with increasing RI values were simulated for a pla-
nar multilayer sensor, a MIM nanohole array, and the MIM nanocup array
studied in this work with the results shown in Figures 5.4(a)-5.4(c), respec-
tively. The optical effect of a sensitive relative transmission intensity increase
with increasing superstrate RI without a spectral shift is only obtained for
the MIM nanocup array. The MIM nanohole array shows an increase in
transmission intensity, but with a reduced sensitivity and a spectral shift.
Likely the nanohole array is insufficient to form an adequate MIM cavity
structure.
Cross-sections of the near-field electric field distributions in the nanocup
from the 3D-FEM simulation study are shown in Figure 5.5. All of the
near-field distributions shown are at the transmission resonance wavelength.
Figure 5.5(a) shows the normalized electric field (|E|) and the x-component
of the electric field (Ex) with only a 90 nm bottom Au layer (no insulator and
second Au layer). Ex is shown because the incident light is polarized along
the x-axis. In Figure 5.5(a), there is a highly localized field at the bottom
of the nanocup, at the rim of the nanocup, and at the Au nanoparticles
along the cup sidewalls. These highly localized fields are expected due to the
excitation of LSPR resonances from the plasmonic properties of the device.
Figure 5.5(b) shows the electric field distributions with the addition of a
40 nm TiO2 cavity layer to the plasmonic device. The field distributions
remain similar with highly localized fields at the bottom and rim of the
nanocup as well as at the Au nanoparticles along the cup sidewalls. These
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field distributions suggest that the sensor is still primarily operating as a
plasmonic device. Figures 5.5(c)-5.5(d) show |E| and Ex, respectively, for a
MIM plasmonic nanocup array with a 90 nm bottom Au layer, 40 nm TiO2
cavity layer, and 50 nm top Au layer with increasing superstrate RI values.
With the addition of the top Au layer, there is now a confined mode in the
cavity layer at the bottom of the nanocup with a high electric field intensity.
There is also a localized field near the top of the nanocup that is surrounded
by the upper MIM structure. As the RI value of the superstrate increases,
there is an increase in the electric field intensity at the top of the nanocup.
The z component of the near-field electric field distribution (Ez) is shown in
Figure 5.6 for the nanocup with different layers in order to visualize the field
penetration into the metal and dielectric materials. Figure 5.6(a) shows Ez
for the nanocup with a 90 nm gold (Au) layer only. The nanocup with a
bottom Au layer and 40 nm titanium dioxide (TiO2) cavity layer is shown
in Figure 5.6(b). The Ez distribution for the MIM nanocup with a 50 nm
top Au layer is shown for RI values of 1.33 (Figure 5.6(c)), 1.37 (Figure
5.6(d)), and 1.4 (Figure 5.6(e)). For the nanocup device with the bottom
Au layer only or bottom Au layer with TiO2 layer, the z component of the
electric field is clearly confined at the metal-dielectric interfaces. In both
cases, the fields extend similarly into the superstrate dielectric. However, for
the device with the cavity layer, there is some additional field confinement
at the bottom of the nanocup. In the case of the MIM nanocup structure,
there is additional field confinement at the bottom and top of the nanocup
such that there is relatively little extension of the field into the dielectric
superstrate. However, as the RI increases, there is a clear enhancement in
the amount of field interacting with the superstrate dielectric at the top of
the nanocup.
Given the results from the device configuration analysis and the near-field
electric field distributions, we propose that the sensing mechanism is pri-
marily driven by the MIM sensor. Light is incident from the bottom of the
nanocup and the confined optical energy is stored in the TiO2 cavity layer.
When there is a RI increase at the superstrate, resonant light is coupled out
from the cavity layer to the far field resulting in a transmission intensity in-
crease. A sufficient quality factor (Q-factor) is required for the sensor to show
a large relative change in transmission with no spectral shift. The sensitivity
of the device is defined, in large part, by the degree of plasmon-cavity cou-
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pling, which can be controlled by varying the Q-factor of the cavity, such as
by changing the metal thickness of the cavity. The role of the plasmonic effect
is two-fold. First, the plasmonic properties of the nanostructured Au provide
high field localization and confinement. Second, the plasmonic effect will lead
to efficient light scattering and out-coupling of the light from the cavity to
the far-field such that the performance of this device far exceeds what can
be accomplished with a MIM structure without any plasmonic component.
Therefore, the Q-factor of the cavity and degree of plasmon-cavity coupling
are two crucial parameters for refractometric sensing with this device. The
extent that the plasmonic component boosts the sensitivity, the amount of
coupling between the cavity mode and the plasmonic mode, and the sensing
performance as the Q-factor of the cavity is varied will be presented in the
following sections.
5.3.2 Cavity-plasmon resonance tuning
In order to determine the degree to which cavity-plasmon coupling affects
the sensing performance of the MIM nanocup array, the effect of the cavity
thickness was modelled. Figure 5.9(a) shows the transmission spectra for
the MIM nanocup array with a superstrate RI of 1.33 and changing cavity
thickness values from 40 nm to 120 nm with a step size of 10 nm. The
field localization and spectral effects of changing the top and bottom Au
thicknesses are shown in Figures 5.7-5.8. In Figure 5.7, the bottom Au layer
is fixed at 90 nm, the TiO2 cavity layer is fixed at 60 nm, and the top Au
layer is varied. |E| and Ex are shown for top Au layers of 25 nm (Figure
5.7(a)), 50 nm (Figure 5.7(b)), 75 nm (Figure 5.7(c)), and 90 nm (Figure
5.7(d)). An increase in the top Au layer leads to increased field localization
in the bottom of the nanocup (and less field localization in the top of the
nanocup). However, a cavity mode is clearly visualized with the given scaling
for all cases. The spectral features with increasing RI values (1.33, 1.34, 1.37,
and 1.4) are shown for a top Au layer of 25 nm (Figure 5.7(e)), 50 nm (Figure
5.7(f)), 75 nm (Figure 5.7(f)), and 90 nm (Figure 5.7(h)). All cases show an
increase in transmission intensity at the resonance wavelength with increasing
RI and no spectral shift.
The same study was repeated, but in this case the bottom Au thickness
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was varied and the top Au thickness was fixed at 90 nm with a 60 nm TiO2
cavity layer. |E| and Ex are shown for bottom Au layers of 25 nm (Figure
refsims5(a)), 50 nm (Figure 5.8(b)), 75 nm (Figure 5.8(c)), and 90 nm (Figure
5.8(d)). Increasing the bottom Au layer shows an increase in field localization
in the top and bottom of the nanocup. With the current scaling, a cavity
mode is only clearly visualized for the 75 nm and 90 nm cases. The spectral
features with increasing RI values (1.33, 1.34, 1.37, and 1.4) are shown for
a bottom Au layer of 25 nm (Figure 5.8(e)), 50 nm (Figure 5.8(f)), 75 nm
(Figure 5.8(g)), and 90 nm (Figure 5.8(h)). Similarly to varying the top Au
layer thickness, there is a consistent increase in the transmission intensity at
the peak resonance wavelength for all cases. However, there is a significant
change in the spectral features, such as the number of prominent peaks,
which could potentially impact the sensing performance.
In Figure 5.9(a), the bottom and top Au layers were 90 nm. It is clear that
the changing cavity layer thickness results in spectral shifts and changes to
the transmission intensity at the peak resonance wavelength. This is shown
in Figure 5.9(b) where the resonant wavelength is plotted as a function of the
cavity thickness with a bottom Au thickness of 90 nm and a top Au thickness
of 50 nm, 75 nm, and 90 nm. In Figure 5.9(c), the transmission intensity at
the peak resonance wavelength is plotted as a function of the cavity thickness.
As expected, with decreasing Au thickness, there is an increase in the overall
transmission intensity. In addition, the transmission intensity for all top Au
layers has a maximum value at a TiO2 cavity layer of approximately 100
nm. We assume that the transmission maximum will occur when there is
optimal overlap and coupling between the cavity resonance and the plasmonic
resonance.
In Figure 5.9(d), the sensitivity is plotted as a function of the cavity thick-
ness. Here we define the sensitivity as the relative percent transmission in-
tensity change per refractive index unit (∆T%/RIU). The sensitivity value,
here taken from a RI value of 1.33 to 1.34, increases with increasing cavity
thickness until it reaches a peak value at a cavity thickness of 70 nm. The
sensitivity value then decreases with increasing cavity thickness. At a cavity
thickness of 100 nm, the sensitivity is at approximately half of its peak value.
This result suggests that to have the optimal sensitivity, we want to design
the MIM structure such that the cavity resonance is off of the plasmonic
resonance. In particular, we want to find the cavity thickness where we ap-
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proach this doubly resonant condition, but are still off-resonance such that
we will have the optimal increase in transmission intensity with RI increase.
This condition can also be understood by the near-field electric field dis-
tributions for different cavity thicknesses as shown in Figure 5.9(e) (for |E|)
and Figure 5.9(f) (for Ex). In these electric field distributions, the top and
bottom Au layers are both 90 nm. The field distributions for the 40 nm and
70 nm cavity layers both show the confined mode in the TiO2 cavity layer
at the bottom of the nanocup. The electric field intensity for this cavity
mode is higher for the 70 nm cavity than for the 40 nm cavity, which may
be an indication of the higher sensitivity for the thicker cavity layer. Once
the cavity layer is 100 nm, the electric field intensity remains high at the
bottom of the nanocup, but there is no longer a clearly confined mode in
the TiO2 cavity layer. The optimal coupling between the cavity mode and
the plasmonic mode leads to highly efficient out-coupling to the superstrate,
even for low RI values, which makes this device less sensitive for refracto-
metric detection. At a cavity thickness of 120 nm, where the sensitivity is
significantly decreased, the near-field electric field distribution shows greatly
reduced field confinement. Overall, the refractometric sensitivity is optimized
by choosing the cavity thickness such that it allows sufficient optical energy
storage. When the device is designed in this way, the RI change will tune
the plasmon resonance wavelength and consequently the optical out-coupling
from the device will significantly change. Therefore, the sensing occurs by
modulating the internal loss of the cavity, which results in a power change
without a spectral shift. The cavity should not couple too strongly with the
plasmonic mode; otherwise, too much of the light will be out-coupled and
not available to contribute towards the sensing mechanism.
Our device design process will be greatly simplified if optimization can
be done with the planar MIM structure alone without needing to consider
the plasmonic component. To assess this possibility, we analyzed cavity
resonance tuning and sensitivity in the planar MIM sensor using the TMM
with the results shown in Figure 5.10. Resonance tuning the planar MIM
sensor was carried out using the TMM in order to compare the results to
those obtained using the 3D-FEM simulation of the MIM nanocup array. The
transmission spectra for a MIM structure with a 90 nm bottom Au layer and
90 nm top Au layer are shown in Figure 5.10(a) with cavity layers from 40 nm
to 120 nm with a 10 nm step size. For the smaller cavity thicknesses (40-60
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nm), there is only a single peak around 500 nm. However, as the cavity layer
increases, a second peak occurs at longer wavelengths. The peak at 500 nm is
due to well-known optical properties of Au thin films and can be considered
as a photoluminescence (PL) peak. The second peak at longer wavelengths is
the cavity mode of interest. Figure 5.10(b) shows the transmission intensity
at this cavity peak as a function of cavity thickness and Figure 5.10(c) shows
the ratio of the transmission intensity for the cavity peak to the PL peak. The
data in Figure 5.10(b)-5.10(c) are for top Au thicknesses of 50 nm, 75 nm,
and 90 nm with a fixed bottom Au thickness of 90 nm. The sensitivity, going
from a RI value of 1.33 to 1.34, is shown in Figure 5.10(d). The sensitivity
values are relatively low (40-60 ∆%T/RIU) compared to the MIM nanocup
array. In addition, the trend shows that there is an increase in sensitivity
with a decrease in the starting transmission value at a RI of 1.33. Therefore,
from the MIM sensor data we cannot recover the same resonance tuning and
optimization as for the full 3D-FEM model since we need to consider the
plasmon-cavity coupling in order to optimize the device properties.
5.3.3 Plasmonic and cavity material properties
A study of the properties of the metallic and insulator layers for the full
MIM plasmonic nanocup device and the planar MIM sensor alone can also be
used to investigate the plasmon-cavity coupling and the device optimization.
To construct a good Fabry-Perot cavity, the metallic layers should have a
high reflectivity R, which will increase the Q-factor. An optimal plasmonic
material should have a large number of free electrons and low material loss.
The Drude model is commonly used to examine the properties of the metals
for plasmonic applications, where the electrons in the metal are modelled as
if they are in a free electron gas. According to the Drude model, both the
plasma frequency ωp and the damping term Γ are used to classify the metal's
properties as a suitable plasmonic material where a large ωp and small Γ are
desirable because these terms relate to an increase in the number of free
electrons and an increase in material loss, respectively. A Fabry-Perot cavity




the RI of the reflector, RId is the RI of the dielectric, and k is the extinction
coefficient of the reflector. An optimal metal will have a small k and a real
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part of its RI that is quite dissimilar to that of the cavity layer for high R.
Au, silver (Ag), and copper (Cu) have the second property whereas Ti does
not. Consequently, the R of the TiO2 to Au, Ag, and Cu interface is 96%,
99%, and 94%, respectively, whereas it is only 54% for Ti. The values of k
for the four metals are comparable. The transmission loss going through 90
nm of material will result in transmission values of 0.14%, 0.043%, 0.12%,
and 0.17% for Au, Ag, Cu, and Ti, respectively.
Figure 5.11 shows the transmission spectra from the 3D-FEM study with
the metal material changed to Au (Figure 5.11(a)), Ag (Figure 5.11(b)),
Cu (Figure 5.11(c)), and Ti (Figure 5.11(d)), respectively. In all cases, the
bottom metal layer is 90 nm, the insulator layer is a 60 nm thick TiO2
layer, and the top metal layer is 50 nm. The RI values simulated were
1.33, 1.34, 1.37, and 1.4. For the Au device, the peak wavelength occurs
at 700 nm with a transmission intensity of 3% while for the Ag device, the
peak wavelength occurs at 625 nm with a transmission intensity of 6%. For
the Cu device, the peak wavelength occurs at 700 nm with a transmission
intensity of 2% and for Ti the peak wavelength occurs at 525 nm with a
transmission intensity of 0.15%. The sensitivity values of the Au, Ag, Cu,
and Ti devices are 690 ∆%T/RIU, 890 ∆%T/RIU, 650 ∆%T/RIU, and 250
∆%T/RIU, respectively. Therefore, when the metal layers are changed from
Au to Ag the transmission intensity doubles and the sensitivity improves by
200 ∆%T/RIU.
Figure 5.11(e)-5.11(f) shows the normalized near-field electric field distri-
butions |E| and Ex, respectively, for the MIM nanocup device with Ag and
Ti metal layers. Each field distribution is shown at the respective resonance
wavelengths for the different devices at a RI value of 1.33. As can be seen,
on-resonance the Ag device shows localized electric fields at the nanocup top,
nanocup bottom, and at the nanoparticles along the cup sidewalls associated
with a strong plasmonic component. In addition, a cavity mode with a high
electric field intensity is strongly confined in the TiO2 insulator layer at the
bottom of the nanocup. However, for the Ti device, the near-field electric
field is weakly localized and no cavity mode can be visualized in the near-
field distributions with the given scaling. This is expected since Ti is both a
poor plasmonic material and has a low R compared to the other materials,
which will result in a poor Q-factor for the cavity. This dependence of the
plasmon resonance generation and cavity confinement on the metallic opti-
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cal properties can explain why the overall transmission of the Ti device is an
order of magnitude less than for the Ag device and why the sensitivity for
the Ag device is greater than for the Ti device by 640 ∆%T/RIU.
The transmission spectra for the planar MIM sensor without the plasmonic
component, simulated by the TMM, are shown in Figure 5.12 for Au (Figure
5.12(a)), Ag (Figure 5.12(b)), Cu (Figure 5.12(c)), and Ti (Figure 5.12(d)).
In all cases the bottom metal layer was 90 nm, the TiO2 cavity layer was 100
nm, and the top metal layer was 50 nm. A cavity mode is evident for the
Au, Ag, and Cu MIM sensors, but not for the Ti MIM device. On resonance,
the transmission intensity for the Au device is 0.08% and the sensitivity is
56 ∆%T/RIU. The transmission intensity for the Ag device is 0.007% with
a sensitivity of 59 ∆%T/RIU while the transmission intensity for the Cu
device is 0.05% with a sensitivity of 57 ∆%T/RIU. Therefore, the Au device
shows the highest transmission intensity, but the lowest performance while
the Ag device shows the lowest transmission intensity and the highest sensi-
tivity. However, the sensitivity increase from Au to Ag is only 3 ∆%T/RIU
and therefore is relatively insignificant. Overall, the results suggest that
the device performance in terms of overall transmission and sensitivity can
be improved by optimizing the plasmonic materials. However, for practical
biosensing applications Au is almost always chosen over Ag because Au is
chemically inert and has a greatly improved device stability. A combination
of Au and Ag may be an ideal choice for this biosensor, such as using Ag
for the bottom metal layer and Au for the top metal layer, where there is a
trade-off between device performance and stability.
The dependence of the device performance on loss in the TiO2 cavity layer
is shown in Figure 5.13. In all previous simulations, it was assumed that k
for the TiO2 layer is zero. However, if for future applications we wanted to
use a semiconductor material instead of an insulating material, it will not
be necessarily true that k=0 in our wavelength range of interest. Therefore,
it is important to consider the performance of the device as a function of
loss in the cavity layer. Figure 5.13(a) shows the transmission spectra for
the full MIM plasmonic nanocup array device for a superstrate RI of 1.33
and k=0, 0.1, 0.5, and 1. With an increase in k, there is a decrease in the
transmission intensity, as expected. The transmission spectra with increasing
superstrate RI are shown in Figures 5.13(b)-5.13(d) for k=0.1, k=0.5, and
k=1, respectively. In all cases the bottom Au layer is 90 nm, the TiO2 cavity
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layer is 60 nm, and the top Au layer is 50 nm. The transmission intensity
at the peak for k=0.1 is 1.5% and the sensitivity is 624 ∆%T/RIU. For
k=0.5, the transmission intensity on resonance is 0.5% and the sensitivity
is 545 ∆%T/RIU, while for k=1 the transmission intensity is 0.25% and
the sensitivity is 537 ∆%T/RIU. Therefore, with increasing k there is a
decrease in both the transmission intensity and the sensitivity. However,
the sensing mechanism is still maintained although in Figure 5.13(d) when
k=1 there is a spectral shift in the peak because the high loss results in
poor field confinement in the cavity and thus the cavity effects are negligible
compared to the plasmonic effects. The near-field electric field distributions
on resonance are shown in Figure 5.13(e) (|E|) and Figure 5.13(f) (Ex) for
different k values as indicated with a superstrate RI of 1.33. As the k value
increases, there is a loss in the localized electric fields associated with the
excitation of LSPR and the cavity mode becomes less confined.
The transmission spectra for the planar MIM sensor with increasing k
values are shown in Figure 5.13(g). Similarly, with an increase in k, there is
a decrease in transmission intensity. However, in contrast to the full device,
for k=0.5 and k=1 a resonance can no longer be sustained in the sensor. In
all cases, the bottom Au layer is 90 nm, the TiO2 cavity layer is 100 nm, and
the top Au layer is 50 nm. At k=0 the transmission intensity on resonance
is 0.08% and the sensitivity is 56 ∆%T/RIU while at k=0.1 the transmission
intensity on resonance is 0.02% and the sensitivity is 24 ∆%T/RIU. With
increasing k there is a decrease in the transmission intensity and a significant
decrease in the sensitivity. In the full device, the plasmonic component results
in an overall increase in transmission intensity and is used to tune the cavity
loss and therefore the output power.
5.4 Optimization for Refractometric Sensing
In order to assess the feasibility of using Au-TiO2-Au MIM plasmonic nanocav-
ity devices for refractometric sensing, we determined the sensitivity values by
simulation and experiment for various devices. The objective is to determine
the parameters that have the largest effect on the sensitivity and to address
the performance of these devices compared to conventional plasmonic devices
for refractometric detection, such as SPR sensors. The simulation results of
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the sensitivity assessments are shown in Figures 5.14(a)-5.14(d) and the ex-
perimental results are shown in Figures 5.14(e)-5.14(h). In total, devices
with five different cavity thicknesses (40 nm, 50 nm, 60 nm, 70 nm, 80 nm)
and three different top and bottom Au layers (50 nm, 75 nm, 90 nm) were
simulated. Devices with four different cavity thicknesses (40 nm, 60 nm, 80
nm, 100 nm), two different top Au thicknesses (50 nm, 90 nm), and three
different bottom Au thicknesses (50 nm, 75 nm, 90 nm) were fabricated and
tested experimentally. Figures 5.14(A)-5.14(D) show the simulation results
for the sensitivity as a function of the top Au thickness, cavity thickness,
bottom Au thickness, and total Au thickness (adding together the bottom
and top Au thicknesses), respectively. Figures 5.14(e)-5.14(h) show the ex-
perimental results for the sensitivity as a function of the top Au thickness,
cavity thickness, bottom Au thickness and total Au thickness, respectively.
Both the simulation and experiment show that a larger top Au thickness
will lead to a higher sensitivity (Figures 5.14(a) and 5.14(e)). Figures 5.14(b)
and 5.14(f) show the simulation and experimental results for the sensitivity as
a function of the cavity thickness for various different Au layer combinations.
Both results suggest that a reliable way to obtain a high device sensitivity
is to combine thicker Au layers (higher confinement) with a cavity thickness
around 70-80 nm, which will allow the optimal storage of optical energy in
the TiO2 cavity layer. If the cavity thickness is too large the sensitivity drops
significantly as discussed previously. However, while the simulation results
show that the larger bottom Au thickness will also give a higher sensitivity
(Figure 5.14(c)), the experiment (Figure 5.14(g)) does not show the same
trend. This difference could be due to several factors in the modelled device
geometry. For example, in the model the Au nanoparticles on the sidewalls
were fixed at a single layer with diameters of 30 nm. The properties of the
Au sidewall nanostructures, the ability for TiO2 to coat the sidewalls, and
the ability for Au nanostructures to form on the top Au layer will change
with the bottom Au thickness, but were not taken into consideration in the
simulation. Both simulation and experiment show that a sufficient total Au
thickness is required to have a high sensitivity (Figure 5.14(d) and Figure
5.14(h)), meaning that high field confinement is crucial for refractometric
sensing with this device design.
Therefore, to properly optimize the device for refractometric sensing, a
bottom Au layer of 50 nm or greater should be used with a top Au layer
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of 75 nm or greater. The optimal cavity thickness will increase with the
total Au thickness, likely due to an increased potential for field confinement
with thicker top and bottom Au layers. The choice of the metal and cavity
layer thicknesses can be changed depending on the needs of the application,
such as if a larger overall transmission is needed. Overall, the device with
the highest sensitivity will be obtained for bottom and top Au thicknesses
of 90 nm and a cavity layer of 80 nm. For this device, the experimental
sensitivity exceeds 800 ∆%T/RIU, which exceeds the sensitivity values for
conventional plasmonic sensors, such as SPR sensors. Therefore, this device
is well-suited for high performing refractometric sensing based on the mech-
anism proposed here where sensitive changes in the transmission intensity at
a fixed wavelength occur due to the MIM cavity structure coupling to the
plasmonic resonance of the Au nanocup array.
5.5 Conclusion
This work has presented simulation and experimental results for an Au-TiO2-
Au MIM plasmonic nanocup array for refractometric sensing based on trans-
mission intensity variations at a fixed resonance wavelength. Locations with
no intensity change with changing RI are also present in the transmission
spectra of the MIM plasmonic nanocup device and can be used as reference
locations. The sensing mechanism and device optimization were studied
using a combination of simulation tools and experimental results. It was
determined that the sensing mechanism is dominated by the MIM cavity
structure. However, the sensitivity and overall transmission of the sensor are
determined primarily by the degree of cavity-plasmon coupling, the degree
of confinement, and the ability of the chosen materials to generate SPR and
LSPR resonances. The future applications of this Au-TiO2-Au plasmonic
nanocavity array are promising. The experimental bulk sensitivity exceeds
that of conventional plasmonic sensors and the instrumentation requirements
are greatly reduced because only transmission measurements are required at
fixed wavelengths. Therefore, this sensor design and sensing mechanism are
well-suited for the development of compact, portable optical sensors for ap-
plications in areas such as drug discovery and diagnostics.
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5.6 Materials and Methods
5.6.1 Finite element method simulation
A 3D-FEM model of the MIM plasmonic nanocup structure was built and
the optical properties were simulated using the COMSOL Multiphysics RF
Module. The geometrical parameters of the device were chosen and optimized
to correspond with the SEM images of the device and the experimental data.
A single polymer nanocup with a radius of 80 nm and a depth of 400 nm
was placed in the center of the simulation region. A 9 nm Ti adhesion layer
was placed along the bottom of the nanocup and as a thin film surrounding
the nanocup on the top surface. An Au thin film was then placed over the
Ti adhesion layer and Au nanoparticles with 30 nm diameters were placed
along the cup sidewalls. In total there are 4 rows of Au nanoparticles with
8 nanoparticles in each row. This Au layer was then followed by the TiO2
cavity layer, which was placed along the bottom of the nanocup, as a thin
film surrounding the nanocup on the top surface, and along the nanocup
sidewalls. The thickness along the nanocup sidewalls was set to be 0.625
times that of the cavity layer to correctly approximate a sputtering deposition
profile on these structures. A 5 nm Ti adhesion layer was then placed at the
bottom and surrounding the top of the nanocup followed by the final Au layer,
which was placed directly on top of the Ti adhesion layer. Periodic boundary
conditions were placed along the x and y boundaries with a periodicity of 320
nm. Nonreflecting boundary conditions were applied along the z boundaries
by the use of periodic ports for transmission and reflection measurements.
A plane wave source was incident from the bottom of the simulation region
and propagated in the +z direction at normal incidence with a polarization
along the x-axis. The RI value for the polymer was set to 1.56, the RI value
for TiO2 was set to 2.35, and the wavelength-dependent RI values for Au and
Ti were interpolated from known experimental values [86, 87].
5.6.2 Transfer matrix method implementation
The TMM combines the Fresnel equations and complex phase shifts to take
into consideration light transmission, reflection, and propagation in multi-
layered structures consisting of homogeneous thin films in order to obtain
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the overall transmission and reflection [88]. This method was implemented
in MATLAB in order to study the optical properties of a planar MIM sensor
without any plasmonic contributions. A multilayer structure with 7 layers
and therefore 6 interfaces was modelled. The light was incident from the
bottom of the multilayer structure, which consisted of a UV-curable polymer
layer, a 9 nm Ti adhesion layer, an Au layer, a TiO2 cavity layer, a 5 nm
second Ti adhesion layer, a second Au layer, and the dielectric superstrate.
The transfer matrix constructed for this study is based on excitation at nor-
mal incidence. The RI value for the polymer substrate was set to 1.56, the
RI value for the TiO2 cavity layer was set to 2.35, and the RI values for Au
and Ti were interpolated from experimental data [86, 87].
5.6.3 Device fabrication and testing
The processing steps for the complete MIM plasmonic nanocup array sensors
begin by fabrication of the polymer nanocups using a nanoreplica molding
process. A pipette is used to deposit 2 mL of UV-curable polymer (NOA-61)
on top of a wafer-scale quartz mold consisting of an array of tapered nanopil-
lars. A polyethylene terephthalate (PET) sheet backing is placed on top of
the UV-curable polymer and once the polymer is evenly spread, it is cured
in a UV oven. The polymer nanocups are then peeled from the quartz mold.
The Au-TiO2-Au multilayer structure on the polymer nanocup array is fab-
ricated by e-beam and sputtering deposition. The Au layer is first deposited
by e-beam with a 9 nm Ti adhesion layer. The TiO2 layer is then deposited
by sputtering deposition followed by the second Au layer with a 5 nm Ti
adhesion layer. E-beam evaporation is used to deposit the metallic layers
since the directional deposition method will result in metallic nanostructures
on the tapered nanocup sidewalls, which will enhance the LSPR plasmonic
effect. Sputtering deposition is used for the TiO2 to make the cavity layer
as conformal as possible. All experimental data was collected using a Cary
5G UV-Vis spectrophotometer in transmission mode with baseline correc-
tion. The transmission spectrum from 450 nm to 800 nm with a step size
of 1 nm was collected for each device fabricated with a superstrate of water
(RI=1.33) and a superstrate of 50% sucrose (RI=1.42). The spectral peak
was identified and the increase in transmission from RI=1.33 to RI=1.42 was
71
used to quantify the sensitivity for each structure. A large change in the RI
was used to ensure a measurable sensitivity for every device fabricated.
5.7 Figures
Figure 5.1: Fabrication and characterization of Au-TiO2-Au nanocup
arrays. (a) Camera image of wafer-scale MIM nanocup array with 90 nm
top and bottom Au layers and 80 nm TiO2 cavity layer. The reflected light
off of the device is diffracted due to the periodic nanocup array. (b)
Top-down SEM image of the device. (c) Experimental transmission spectra
with increasing RI values. The spectral features show an increase in
transmission intensity at the resonance wavelength with spectral locations
of no transmission change with RI increase.
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Figure 5.2: Schematics of the simulated 3D-FEM MIM nanocup structure
in this work. (a) Cross-section schematic of the MIM nanocup, which has
periodic boundary conditions along x and y. Au nanoparticles are modelled
along the cup sidewalls. (b) Top-down schematic and (c) 3D rotated view
of the MIM nanocup.
Figure 5.3: Schematic of the planar multilayer sensor simulated using the
TMM. Each layer is assigned a RI value and a thickness.
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Figure 5.4: Spectral features of different device configurations with RI
changes. Transmission spectra with increasing RI values for the (a) planar
MIM structure, (b) MIM nanohole array, and (c) nanocup array.
Figure 5.5: Near-field electric field distributions shown on resonance for the
cross-section of a single nanocup with different Au and TiO2 layers. |E|
and Ex for nanocup with 90 nm Au layer (a) and Au layer with additional
40 nm TiO2 layer (b). |E| (c) and Ex (d) near-field electric field
distributions are shown for Au-TiO2-Au MIM nanocup with a 50 nm top
Au layer with increasing RI values.
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Figure 5.6: Ez for different nanocup structures. Ez is shown for the
nanocup array with 90 nm bottom Au layer only (a), with bottom Au layer
and 40 nm TiO2 layer (b) and for the MIM structure with 50 nm top Au
layer for RI=1.33 (c), RI=1.34 (d), and RI=1.4 (e).
Figure 5.7: Field confinement and spectral effects of varying top Au
thickness. |E| and Ex are shown for RI=1.33 for a nanocup with a bottom
Au layer of 90 nm, TiO2 cavity layer of 60 nm, and top Au layer of 25 nm
(a), 50 nm (b), 75 nm (c), and 90 nm (d). Transmission spectra with
increasing RI values (1.33, 1.34, 1.37, and 1.4) for top Au layers of 25 nm
(e), 50 nm (f), 75 nm (g), and 90 nm (h).
75
Figure 5.8: Field confinement and spectral effects of varying bottom Au
thickness. |E| and Ex are shown for RI=1.33 for a nanocup with a TiO2
cavity layer of 60 nm, top Au layer of 90 nm, and bottom Au layer of 25
nm (a), 50 nm (b), 75 nm (c), and 90 nm (d). Transmission spectra with
increasing RI values (1.33, 1.34, 1.37, and 1.4) for bottom Au layers of 25
nm (e), 50 nm (f), 75 nm (g), and 90 nm (h).
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Figure 5.9: Spectral and near-field assessment of plasmon-cavity coupling in
MIM nanocup arrays. (a) Transmission spectra with increasing TiO2 cavity
thickness. (b) Resonant wavelength as a function of cavity thickness. (c)
Transmission intensity at the peak resonance wavelength as a function of
cavity thickness. (d) Refractometric sensitivity as a function of cavity
thickness. Near-field electric field distributions |E| (e) and Ex (f) for
different cavity thicknesses.
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Figure 5.10: Cavity thickness dependence in planar MIM sensor. (a)
Transmission spectra for increasing TiO2 cavity thicknesses. (b)
Transmission intensity at the peak cavity resonance wavelength as a
function of cavity thickness. (c) Transmission ratio for the cavity resonance
and PL resonance as a function of cavity thickness. (d) Refractometric
sensitivity as a function of cavity thickness.
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Figure 5.11: Comparison of MIM nanocup sensors with different metal
materials. Transmission spectra with increasing RI values for MIM
nanocups with Au layers (a), Ag layers (b), Cu layers (c), and Ti layers (d).
(e) Normalized electric field distribution |E| for Ag (left) and Ti (right). (f)
Ex near-field distribution for Ag (left) and Ti (right).
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Figure 5.12: Comparison of planar MIM sensors with different materials for
the metal layers. Transmission spectra with increasing RI values for Au
layers (a), Ag layers (b), Cu layers (c), and Ti layers (d).
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Figure 5.13: Analysis of added cavity layer loss for MIM nanocup and
planar MIM sensors. (a) Transmission spectra at RI=1.33 for Au MIM
nanocup array with increasing k values. Transmission spectra for the MIM
nanocup array with increasing RI values for k=0.1 (b), k=0.5 (c), and k=1
(d). (e) Normalized electric field distribution |E| for increasing k values. (f)
A cross-section of a single nanocup showing Ex with increasing k values.
(g) Transmission spectra at RI=1.33 for Au planar MIM sensor with
increasing k values. (h) Transmission spectra with increasing RI values for
the planar MIM sensor where k=0.1.
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Figure 5.14: Comparison of simulation and experiment for sensitivity
optimization in MIM nanocup arrays. The simulated sensitivity values are
shown as a function of top Au thickness (a), cavity thickness (b), bottom
Au thickness (c), and total Au thickness (d). For comparison, the
experimental sensitivity values are shown as a function of top Au thickness





POLYMER NANOPILLARS FOR SERS
SENSING
6.1 Introduction
The development of nanostructured plasmonic substrates for SERS is promis-
ing for applications in areas such as label-free biosensing [89], cell imaging
and analysis [90], and materials science [91] where the SERS substrate serves
to enhance the Raman spectroscopy signal by several orders of magnitude,
which is quantified by an enhancement factor (EF). As target applications
increase, the samples for Raman analysis vary greatly based on parameters
such as size, uniformity, and baseline Raman signal. For example, samples
are typically nonuniform on the microscale for applications in areas such as
cell biology and materials science.
Very low limits of detection, down to a single molecule, have already been
demonstrated using SERS. These substrates are primarily made by randomly
organized Au or Ag metallic nanoparticles spread onto a substrate or in a
colloidal solution [92, 93, 94]. In highly localized locations on a substrate,
the spacing between nanoparticles will be 10 nm or less, which will lead to
a significant electromagnetic enhancement of the Raman scattering signal.
Current work on SERS substrates seeks to develop sensors with a sufficiently
high and uniformly distributed EF, enabling detection, but also quantita-
tive analysis of samples of interest. Much effort has been put into develop-
ment of periodic nanosphere arrays, largely based on templates made from
nanosphere lithography [95, 96, 97]. The fabrication parameters can be tuned
such that the spacing between nanospheres is 10 nm or less and a high elec-
tromagnetic enhancement of Raman scattering of a molecule placed in the
gap is obtained. Although it is a significant improvement over randomly
distributed nanoparticles, there can be high fluctuations in the gap spacing
leading to high EF fluctuations when the gap is 10 nm or less. In addition,
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the enhancement to the Raman scattering signal will occur primarily for the
part of the sample at the hot spot location. Tuning the location of the highly
localized fields is then crucial depending on the desired application.
Extremely promising work has been done in the development of periodic
nanoantenna arrays based on Au or Ag coated nanopillars [98, 99]. In this
case, the hot spot is engineered to occur primarily at the tops of the nanopil-
lars, which is compatible with a much larger set of samples. While the EF is
typically not as large as the case of sub-10 nm gaps, a trade-off is accepted
between uniformity, reproducibility, and EF.
Building upon these achievements, in this work we explore engineering
the individual nanoantenna, on a polymer substrate, with an Au-TiO2-Au
metal-insulator-metal Fabry-Perot cavity to improve field localization at the
tops of the nanopillars. In this work, we explore the relationship between EF
and uniformity of SERS substrates on the microscale. Fabry-Perot cavity
structures have been incorporated with plasmonic structures previously for
applications including biosensing [100], SERS [82, 101, 102], surface-enhanced
infrared absorption spectroscopy (SEIRA) [103], and enhanced-catalytic ac-
tivity [104]. For SERS, the Fabry-Perot cavity structure has not previously
been incorporated in the way we approach here by directly tuning the prop-
erties of the nanoantennas.
After analysis of the optical properties, device optimization, and assess-
ment of the EF and uniformity, we apply this SERS sensor to detection
of protein-protein interactions. The study of molecules binding on SERS
sensors is of continuing high interest to study molecular structure and con-
formation in response to different environmental cues. For example, the
Raman spectrum of 11-MUA molecules varies widely depending on its pre-
treatment and local environment [105]. Another significant advantage to the
approach presented here is that the SERS substrate is fabricated by a wafer-
scale nanoreplica molding process onto a flexible polymer substrate. The
wafer-scale fabrication onto a flexible substrate enables greater reproducibil-
ity, larger-scale applications, and improved future compatibility with existing
portable Raman systems.
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6.2 Device Overview and Optical Properties
A schematic of the multilayered nanoantenna SERS substrate presented in
this work is shown in Figure 6.1(a). The device consists of a periodic nanopil-
lar array, fabricated by a wafer-scale nanoreplica molding process into a UV-
curable polymer. On top of the polymer nanopillar array, a multilayer of
Au, TiO2, and Au is deposited, which forms a Fabry-Perot cavity on the top
of each nanopillar. Au is chosen for the top and bottom layers because of
its favorable plasmonic properties, low reactivity, and high reflectivity, which
make it a suitable reflector material in a cavity structure. TiO2 is chosen
for the insulator because it has a high refractive index and low loss, making
it an appropriate thin film cavity layer material. The optical properties of
this Fabry-Perot cavity can be tuned by controlling the deposited thickness
of each layer.
A wafer-scale camera image of the fabricated device is shown in Figure
6.1(b). The periodic nanopillar array leads to diffraction of the reflected
light, as can be seen by the polychrome color of the camera image. Tilted
SEM images of the fabricated device with a bottom Au layer of 90 nm, TiO2
layer of 80 nm, and top Au layer of 90 nm, are shown in Figures 6.1(c)
and 6.1(d). As can be seen, the result after deposition shows a nanopillar
array with a large nanoparticle on top and smaller nanoparticles along the
nanopillar sidewall.
The optical properties of the multilayered SERS substrate were investi-
gated using a 3D-FEM simulation study. Snapshots of the developed 3D-
FEM model are shown in Figure 6.2(a). A single nanopillar was modeled
with periodic boundary conditions along the x and y directions to simulate
the array. The near-field electric-field distribution for a single nanopillar
with a modeled thin (10 nm) protein layer is shown in Figure 6.2(b) with a
superstrate of air and water at an excitation wavelength of 633 nm. In both
cases, there is a highly localized near-field at the Au nanoparticles along
the nanopillar sidewall and at the Au-TiO2-Au cavity on top of the polymer
nanopillar, leading to a large near field experienced by the modeled 10 nm
protein layer.
The simulated absorption and reflectance spectra for the polymer nanopil-
lar with a Fabry-Perot cavity were then compared to the case where the TiO2
layer is replaced with Au, such that the polymer nanopillar is only capped
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with a Au layer. The simulated absorption spectra with a superstrate of air
and water are shown in Figure 6.2(c) for the cavity nanopillar and the Au
only nanopillar. As can be seen, the absorption for the cavity case exceeds
that obtained for the Au only nanopillar. We anticipate that this is primar-
ily due to reduced reflection and increased field localization for the cavity
case. The simulated reflection spectra for the metal-insulator-metal capped
nanopillar and Au only capped nanopillar are shown in Figure 6.2(d) for
superstrates of air and water. As expected, the cavity case shows reduced
reflection compared to the Au only case.
An additional advantage of the metal-insulator-metal capped nanopillar
device geometry is that the thicknesses of the cavity layers can be changed
to optimize the plasmon resonance of the nanopillar array to match well with
the excitation wavelength and the wavelength of the Stokes scattered pho-
ton. Figures 6.2(e) and 6.2(f) show the reflection spectra for the multilayered
nanopillar with different TiO2 cavity thickness values for fixed top and bot-
tom Au layers of 90 nm with superstrates of air and water, respectively. As
can be seen, even by changing the thickness of the TiO2 by 20 nm, there is
a significant change in the reflection spectrum in air and water. Therefore,
the cavity structure can be used for hot spot engineering and to optimize the
plasmon resonance of the array.
To assess the cavity parameters for device optimization, 36 different devices
were fabricated with varying cavity parameters (bottom Au thickness of 50
nm, 75 nm, and 90 nm; TiO2 cavity thickness of 40 nm, 60 nm, 80 nm, and
100 nm; top Au thickness of 50 nm, 75 nm, and 90 nm). The reflection
spectra in air are shown in Figure 6.3(a) (bottom Au layer of 90 nm), Figure
6.3(b) (bottom Au layer of 75 nm), and Figure 6.3(c) (bottom Au layer of
50 nm). As can be seen, the spectral properties of the nanopillar array are
affected by the thickness of each layer in the multilayer stack.
The reflectance dip, corresponding to the plasmon resonance wavelength
of the array, is plotted as a function of top Au thickness, cavity thickness,
and bottom Au thickness in Figures 6.3(d), 6.3(e), and 6.3(f), respectively.
As can be seen, increasing the cavity thickness is a reliable way to redshift
the plasmon resonance wavelength of the device. Interestingly, at a top Au
thickness of 90 nm, the plasmon resonance tuning effect of changing the
cavity layer thickness is significantly dampened, possibly due to dominating
cavity effects.
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It is well-known that to maximize the Raman scattering efficiency, the
plasmon resonance wavelength of the device structure should be designed
such that it lies between the excitation wavelength and the wavelengths cor-
responding to the Stokes scattered photons of interest. In this work, a laser
wavelength of 633 nm is used and Raman spectra are collected in a range
of 800-1800 cm−1, which corresponds to a wavelength range of 667-714 nm.
Based on the experimental reflectance spectra, 20 of the 36 measured cavity
combinations were identified as being within the desired range. Table 6.1
lists the cavity structures for the five devices that are at the center of the
laser wavelength and the Stokes scattered photon wavelength and therefore
expected to have the best SERS performance in terms of plasmon resonance
matching.
Table 6.1: Metal-insulator-metal capped polymer nanopillar array
configurations with best match in air between plasmon resonance
wavelength, 633 nm excitation wavelength, and Stokes scattered photon
wavelength.
Bottom Au Cavity Top Au Plasmon Resonance
Thickness (nm) Thickness (nm) Thickness (nm) Wavelength (nm)
90 80 90 643
75 40 90 645
50 60 90 646
50 80 75 646
75 60 90 648
To further assess the cavity parameters for device optimization, BPE was
used to compare the SERS properties of the fabricated sensors. This molecule
has strong Raman signatures at 1200 cm−1 and 1600 cm−1 and forms a self-
assembled monolayer on Au. Example Raman spectra, taken with a laser
power of 0.1 mW, for three different cavity configurations (bottom Au 90
nm, TiO2 40 nm, top Au 50 nm; bottom Au 90 nm, TiO2 80 nm, top Au
75 nm; bottom Au 75 nm, TiO2 60 nm, top Au 90 nm) with a superstrate
of air are shown in Figure 6.4(a) with corresponding schematics to show the
changes to the cavity layer thicknesses. Example Raman spectra for three
different cavity configurations (bottom Au 50 nm, TiO2 100 nm, top Au 50
nm; bottom Au 90 nm, TiO2 60 nm, top Au 75 nm; bottom Au 50 nm,
TiO2 80 nm, top Au 90 nm) are shown in Figure 6.4(b) for a superstrate
of water. The Raman peaks at 1200 cm−1 and 1600 cm−1, characteristic of
the BPE molecule, are clearly visible for all the Raman spectra of the shown
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cavity combinations. However, there is also a clear difference in the Ra-
man spectrum depending on the cavity structure. With an optimized cavity
structure, the prominent peaks have a higher intensity and additional peaks
become detectable. This level of optimization is crucial for the detection of
samples with low Raman scattering efficiency, such as biological molecules.
The intensity values from the Raman spectra at a wavenumber of 1600
cm−1 are plotted as a function of top Au thickness, cavity thickness, and
bottom Au thickness in Figures 6.4(a), 6.4(b), and 6.4(c), respectively, for
a superstrate of air. The Raman intensity at a wavenumber of 1600 cm−1
from the BPE spectra is plotted as a function of top Au thickness, cavity
thickness, and bottom Au thickness for a superstrate of water in Figures
6.4(d), 6.4(e), and 6.4(f), respectively. These experimental results show that
a thicker top Au layer will lead to a larger Raman signal both in a superstrate
of air and water. The cavity thickness and bottom Au thickness do not show
as strong of a trend. Overall, the top three configurations to maximize SERS
intensity for BPE at 1600 cm−1 (bottom Au thickness, TiO2 thickness, top
Au thickness) in air are (75 nm, 60 nm, 90 nm), (75 nm, 40 nm, 90 nm), and
(90 nm, 80 nm, 90 nm).
We also analyzed the data in terms of the SNR. Biological molecules, such
as those involved in the target protein-protein interactions we study in this
work, typically do not have strong Raman signatures and we do not want
to use high laser powers, which can damage biological samples and lead to
high autofluorescence. Therefore, the SNR is an important parameter to
assess the device performance under these constraints. Plots of the SNR as
a function of the top Au thickness, cavity layer thickness, and bottom Au
thickness are shown in Figures 6.5(a), 6.5(b), and 6.5(c), respectively, with
a superstrate of air. The SNR as a function of the top Au thickness, cavity
layer thickness, and bottom Au thickness for a superstrate of water is shown
in Figures 6.5(d), 6.5(e), and 6.5(f), respectively. In air, the SNR is improved
for a thicker top Au layer, a TiO2 cavity layer of 80 nm, and a thicker bottom
Au layer. In water, the SNR is improved for a thicker top Au layer and 80
nm TiO2 cavity layer. For a superstrate of water, the thickness of the bottom
Au layer does not show a reliable trend for the measured configurations. The
top three cavity structures (bottom Au thickness, TiO2 insulator thickness,
and top Au thickness) for improving the SNR are given by (90 nm, 80 nm,
90 nm), (75 nm, 80 nm, 90 nm), and (50 nm, 80 nm, 75 nm).
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Therefore, to optimize both the Raman intensity and the SNR, a structure
with a bottom Au layer of 90 nm, TiO2 cavity layer of 80 nm, and top Au
layer of 90 nm should be used. The fact that the three optimized structures
for SNR all have the same TiO2 cavity thickness suggests that forming an
optimized cavity may have a significant impact on the SNR. Overall, these
results suggest that the structure of the Fabry-Perot cavity has a measurable
impact on the overall Raman intensity and on the SNR for SERS detection
with this multilayered nanopillar substrate. The structures with the highest
Raman intensity and SNR values do have plasmon resonance wavelengths
that fall within the excitation wavelength and the Stokes scattered photon
wavelength. However, the cavity design of 90 nm bottom Au layer, 100
nm TiO2 insulator layer, and 50 nm top Au layer, which is the best match
to fall between the excitation wavelength and the Stokes scattered photon
wavelength for the Raman peak at 1600 cm−1, shows relatively low Raman
intensity and SNR. Overall, the results suggest that the SERS substrate
optimization relies on a combination of plasmon resonance matching, hot
spot engineering, and cavity design.
6.3 Enhancement Factor and Uniformity
To assess the relationship between Au thickness, gap size, EF, EF unifor-
mity, and reproducibility, three different multilayered nanopillar SERS sen-
sors were fabricated with bottom Au layers of 90 nm, TiO2 cavity layer thick-
nesses of 80 nm, and three different top Au layer thicknesses of 90 nm, 125
nm, and 150 nm. Although the Au deposition is done by e-beam evaporation,
which is a highly directional deposition method, it is expected that during
the deposition there will also be some sidewall coating along the sides of the
nanopillars, which will decrease the gap size between neighboring nanopil-
lars. Top-down SEM images of the fabricated multilayered devices with top
Au thicknesses of 90 nm, 125 nm, and 150 nm are shown in Figures 6.6(a),
6.6(b), and 6.6(c), respectively. As can be seen, the morphological unifor-
mity of the device is consistent with increasing Au thickness. Tilted SEM
images, which show the structure of the individual nanopillars, are presented
in Figures 6.6(d), 6.6(e), and 6.6(f) for top Au thicknesses of 90 nm, 125 nm,
and 150 nm, respectively.
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The thicker top Au layer does lead to reduced gap spacing. At a top Au
thickness of 90 nm, the gap spacing is approximately 75 nm; at a top Au
thickness of 125 nm, the gap spacing is approximately 60 nm; and at a top Au
thickness of 150 nm, the gap spacing is approximately 35 nm. It is expected
that the reduced gap spacing between the nanopillars will lead to a higher EF
due to improved hot spot engineering. The gap size remains relatively large,
even at a top Au thickness of 150 nm, and therefore molecules of interest in
this work will easily be able to diffuse and attach in the gaps.
This relationship between gap size, EF, and EF uniformity was examined
by Raman spectra acquisition and Raman mapping of a BPE monolayer
immobilized on the nanopillar SERS substrates with top Au layers of 90 nm,
125 nm, and 150 nm. The SERS spectra were taken with a laser power of
0.7 mW and an integration time of 10 s. As a reference, a 100 mM BPE
solution was prepared in a petri dish and the Raman spectra were acquired
with a laser power of 1.4 mW and integration time of 60 s. The SERS spectra
for the devices with a superstrate of air are shown in Figure 6.7(a) and the
SERS spectra with a superstrate of water are shown in Figure 6.7(b). As
expected, a thicker top Au layer leads to a higher signal intensity. This can
be seen in Figure 6.7(c) where the average SERS intensity at a wavenumber
of 1600 cm−1 for four measurements on each sample is plotted as a function
of the top Au thickness with the corresponding error taken as the standard
deviation of the four measurements.
The experimental EF was then calculated based on EF = (ISERS/NSERS)
/ (IRaman/NRaman) with corresponding error propagation and the result is
shown in Figure 6.7(d). With an increase in the top Au thickness, there is
both an increase in the EF and an increase in the error in the EF. With a top
Au layer of 90 nm, the EF is given by (7.3 ± 0.7) × 106 with a superstrate
of air and (6 ± 1) × 106 with a superstrate of water. When the top Au layer
is 125 nm, the EF is (1.7 ± 0.2) × 107 in air and (1.7 ± 0.6) × 107 in water.
For a top Au layer of 150 nm, the EF is (3.2 ± 0.6) × 107 in air and (2.5 ±
0.6) × 107 in water.
Raman mapping for BPE immobilized on the SERS substrate was also
carried out to further investigate the EF uniformity. The Raman maps, with
mapping sizes of 100 µm × 100 µm and step sizes of 5 µm, are shown in
Figures 6.7(e), 6.7(f), and 6.7(g) with the scale set to cover plus or minus
one standard deviation. For mapping, a laser power of 0.7 mW was used
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with an integration time of 1 s. The spatially averaged EF from the mapping
study with a superstrate of air is shown in Figure 6.7(d). The spatially
averaged EF for a top Au layer of 90 nm is (9 ± 1) × 106, for a top Au layer
of 125 nm is (1.4 ± 0.5) × 107, and for a top Au layer of 150 nm is (2.4 ±
0.8) × 107. The largest deviation between the EF for averaging four spectra
and the spatially averaged EF occurs for the device with a top Au thickness
of 150 nm. Therefore, this result suggests that to fabricate reliable SERS
substrates, accurate reports of the EF should be done using spatially averaged
calculations especially when the gap size between neighboring nanostructures
is less than 50 nm.
The complete datasets for the three devices were also plotted against the
theoretical values expected from a normal distribution in quantile-quantile
(Q-Q) plots, as shown in Figure 6.8a-c. It is found that the intensity values
are normally distributed over the mapping area, but with some outliers at
high intensity values, which are likely due to large background signals or
nonuniform Au deposition. Therefore, for all devices the EF is sufficient
and, even with a top Au layer of 150 nm, the EF error is sufficiently low.
These devices can then all be used for quantitative analysis where the thinner
top Au layer will lead to a lower EF, but with a lower error.
6.4 Biosensing Application
The multilayered nanopillar device with a 150 nm top Au layer was then ap-
plied to detect protein-protein interactions by measurement of SERS spectra
for 11-MUA self-assembled monolayer formation followed by three different
protein-protein systems. The first is BSA and its antibody anti-BSA. The
second is biotin and avidin, and the third is CA-125 and its antibody anti-
CA-125. BSA is a ubiquitous sample commonly used as a protein standard,
biotin-avidin binding is well-known for its high binding affinity, and CA-125
is a cancer biomarker for ovarian cancer.
The three protein-protein systems were analyzed to assess spectral differ-
ences as molecules are added and between the three systems. The capture
molecules (avidin, anti-BSA, and anti-CA-125) were immobilized onto the
sensor surface using 11-MUA. Figure 6.9(a) shows the SERS spectra before
and after 11-MUA monolayer formation. The sensor itself has a background
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signal at 1000 cm−1 and 1023 cm−1. After immersion in 11-MUA, there are
several strong SERS peaks, which show the power of SERS sensors for small
molecule detection. The locations of the peaks agree well with previously
reported SERS spectra of 11-MUA.52-53
The SERS spectra after immobilization of anti-BSA and BSA on the 11-
MUA coated device are shown in Figure 6.9(b). The SERS spectra after im-
mobilization of avidin and biotin are shown in Figure 6.9(c) and the spectra
after immobilization of anti-CA-125 and CA-125 are shown in Figure 6.9(d).
As additional molecules bind onto the surface of the SERS sensor, the corre-
sponding SERS intensity decreases for several of the prominent peaks. There
are clear differences between the three protein-protein interaction systems.
In contrast, the SERS spectra for each protein-protein system before and
after binding of the final target molecules show many similarities, but with
clear changes in peak location and intensity. The overall changes to peak in-
tensity and location are likely due to modification of the 11-MUA monolayer
or capture protein structure as binding occurs. The results show that this
SERS sensor is especially promising for small molecule measurements that
may be not be detectable using other methods. The Raman signal for the
protein-protein interactions can likely be increased by using thiolated cap-
ture proteins instead of a 11-MUA monolayer for covalent binding to the Au
surface because the thiol molecule will be much smaller than 11-MUA and
will keep the protein-protein interactions closer to the device surface.
6.5 Conclusion
A SERS sensor based on a Au-TiO2-Au Fabry-Perot cavity nanoantenna
array was developed and the optical properties of the novel device were in-
vestigated using a combination of simulation and experiment. It was demon-
strated that a combination of plasmon resonance tuning, hot spot engineer-
ing, and cavity optimization impact crucial parameters for the development
of SERS substrates such as EF, EF uniformity, SNR, and reproducibility.
A spatially averaged EF of (2.4 ± 0.8) × 107 was demonstrated with suf-
ficiently low error for quantitative studies. A tradeoff is also demonstrated
between EF and EF uniformity, but with a gap size as small as 35 nm between
neighboring nanopillars, an spatially averaged EF with sufficiently small er-
92
ror is obtained. The developed SERS substrate was then applied to detect
protein-protein interactions, including the cancer biomarker CA-125 at a con-
centration of 100 ng/mL, and the power of the developed SERS sensor to
detect small molecules was demonstrated.
6.6 Materials and Methods
6.6.1 Metal-insulator-metal SERS substrate fabrication
The polymer nanopillars array was fabricated by a nanoreplica molding pro-
cess. Firstly, a polymer nanocup array was fabricated from a wafer-scale
quartz tapered nanopillars mold. A pipette was used to deposit 2 mL of UV-
curable polymer (NOA-61) on top of the tapered nanopillars mold. A PET
sheet backing was then placed over the polymer and once evenly spread the
polymer was cured under UV exposure. The polymer nanocups were then
peeled away from the quartz mold. The polymer nanocup array was then
coated with 5 nm of SiO2 deposited by e-beam followed by immersion in a
silane solution. This polymer nanocup array was then used as our mold for
a second nanoreplica molding process. The previously described steps were
repeated using the nanocup array as the mold to form a polymer nanocup
array. The metal-insulator-metal deposition was carried out using e-beam
and sputtering deposition techniques for the metal and insulator layers, re-
spectively. E-beam was used for the Au deposition since the directional
deposition will increase the chance to form Au nanostructures, which will
enhance the LSPR effects of the device. A 9 nm Ti adhesion layer was used
for all bottom Au layers and a 5 nm Ti adhesion layer was used for all top
Au layers. The TiO2 deposition was done by sputtering deposition in order
to form as conformal of a coating as possible for the cavity layer.
6.6.2 3D-FEM simulation study
The optical properties of the metal-insulator-metal capped polymer nanopil-
lar SERS substrate were simulated with a 3D-FEM study using COMSOL
Multiphysics RF Module. The geometry of the device was based on SEM
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images. A single tapered polymer nanopillar with a height of 400 nm, bot-
tom radius of 80 nm, and top radius of 60 nm was modeled in the center of
the simulation region on a polymer substrate. An Au-TiO2-Au multilayer,
with Ti adhesion layers for each Au layer, was then placed surrounding the
polymer nanopillar and on top of the polymer nanopillar. The Ti layer was 9
nm for the bottom Au layer, 5 nm for a top Au layer of 90 nm, and 10 nm for
a top Au layer greater than 90 nm. The multilayer stack on top of the poly-
mer nanopillar was set to be half of the thickness of the stack surrounding
the nanopillar. Au hemispherical nanoparticles with 30 nm diameters were
then placed along the polymer nanopillar as two rows with 12 nanoparticles
in each row. In order to simulate the array effect of the nanopillars, periodic
boundary conditions were placed along the x and y boundaries with a pitch
of 320 nm. The z boundaries were set to be non-reflecting by the use of peri-
odic ports for reflection and transmission calculations. A plane wave source
polarized in the x-direction was incident from the top of the simulation re-
gion and set to propagate in the -z-direction. The RI value for the polymer
substrate and nanopillar was set to 1.56, the RI value for the TiO2 cavity
layer was set to 2.35, and the wavelength-dependent RI values for Ti and Au
were interpolated from experimental data.
6.6.3 Reflection measurements
Diffuse reflectance measurements were carried out with a Cary 5000G UV-
Vis Spectrophotometer from 400 nm to 850 nm with baseline correction and
1 nm step size.
6.6.4 Raman measurements
All Raman measurements were carried out using a Renishaw inVia Raman
Microscope with an excitation wavelength of 633 nm from a HeNe laser and
20X objective. For acquiring Raman spectra, a grating with 1800 l/mm was
used with an integration time of 10 s, while for acquiring Raman maps, a
grating with 600 l/mm was used with an integration time of 1 s for each spec-
trum. After each Raman spectrum was acquired, a sixth-order polynomial
baseline correction was carried out to obtain the final Raman spectrum.
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6.6.5 BPE sample preparation and data analysis
BPE was chosen for SERS characterization since this molecule has distinct
Raman peaks and forms a self-assembled monolayer on Au. A 10 mM BPE
solution was prepared in ethanol (EtOH) and the Au SERS substrates were
immersed in the solution for 24 hours. The devices were then cleaned in EtOH
three times and dried with nitrogen (N2) to ensure that a single monolayer of
the BPE molecules was left on the Au surfaces. To characterize the different
devices with immobilized BPE in air and water environments, the peak signal
intensity with standard deviation and the SNR were both utilized. To obtain
the peak signal intensity with standard deviation, the average and standard
deviation of the peak values at 1600 cm−1 were used for two consecutively
taken Raman spectra. The SNR for each peak was calculated as SNR = S
δ
where S is the average value of the two peaks above baseline and δ is the
standard deviation in the peak region divided by
√
2. To obtain δ accurately,
the two spectra were subtracted leaving only the noise, and the standard
deviation was computed at the peak.
6.6.6 Protein-protein analysis detection
The multilayered nanopillar array SERS substrates were first washed in IPA,
water, IPA, and dried with a nitrogen (N2) gun. The samples were then
immersed in a 10 mM 11-MUA ethanolic solution for 24 hours. After incu-
bation, each sensor was washed in pure ethanol three times and dried with a
N2 gun to ensure that only a single monolayer remained on the surface. Be-
fore immobilization of the capture proteins, the MUA surface was immersed
in a solution of 400 mM EDC and 100 mM NHS in water in order to activate
the MUA molecules for covalent binding to the proteins. The sensors were
immersed in the solution for 30 minutes. The solution was then removed
with a pipette and without drying the sensors were immersed in a 50 µg/mL
avidin solution, 50 µg/mL anti-BSA solution, or 1 µg/mL anti-CA-125 so-
lution, all prepared in phosphate buffered saline (PBS). The incubation was
done for 1 hour and then each sensor was washed in Milli-Q water three times
and dried with N2. For the final incubation, the sensors were immersed in a
1 µg/mL biotin, 1 µg/mL BSA, or 100 ng/mL CA125 solution, all prepared
in PBS, for 2 hours. After, each sensor was washed three times with Milli-Q
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water and dried with N2. A replicate was used for each sample.
6.7 Figures
Figure 6.1: Plasmonic nanocavity SERS substrate overview. (a) Schematic
showing the Au-TiO2-Au metal-insulator-metal multilayer on the nanopillar
array. (b) Camera image of the wafer-scale fabricated device. (c) Tilted
SEM image of the nanopillar array. (d) Close-up tilted SEM image of the
nanopillars to show the morphology of individual nanoantennas.
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Figure 6.2: 3D-FEM simulation of SERS substrate optical properties. (a)
Snapshots of the 3D-FEM model. (b) Near-field electric-field (|E|)
distribution for the multilayered nanopillar with air and water superstrates
at a wavelength of 633 nm. (c) Simulated absorption spectra for the
multilayered and Au only nanopillar with air and water superstrates. (d)
Simulated reflectance spectra for the multilayered and Au only nanopillar
array. Simulated reflectance spectra with a superstrate of air (e) and water
(f) for different TiO2 cavity thickness values.
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Figure 6.3: Measured reflection spectra with varying cavity parameters.
Reflection spectra in air for cavity structures with a Au bottom layer of (a)
90 nm, (b) 75 nm, and (c) 50 nm. The cavity thickness is as labeled in the
legend. Each set of curves is vertically offset for clarity: the bottom row
corresponds to a top Au thickness of 50 nm, the middle row corresponds to
a top Au thickness of 75 nm, and the top row corresponds to a top Au
thickness of 90 nm. The reflectance dip, corresponding to the plasmon
resonance wavelength, is plotted as a function of (d) top Au thickness, (e)
cavity thickness, and (f) bottom Au thickness.
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Figure 6.4: Tuning the cavity structure for maximum SERS intensity.
Raman spectra of a monolayer of BPE on the Au surface is shown for
different cavity combinations, indicated in the legend as bottom Au
thickness/TiO2 cavity thickness/top Au thickness, with a superstrate of air
(a) and water (b) with corresponding schematics of the changing cavity
parameters. The intensity values at 1600 cm−1 from the Raman spectra of
BPE immobilized on the nanopillar array SERS substrate are shown as a
function of (a) top Au thickness, (b) cavity thickness, and (c) bottom Au
thickness with a superstrate of air and as a function of (d) top Au
thickness, (e) cavity thickness, and (f) bottom Au thickness with a
superstrate of water.
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Figure 6.5: Cavity tuning for maximum SNR. The SNR at 1600 cm−1 for
BPE SERS spectra is shown as a function of (a) top Au thickness, (b)
cavity thickness, and (c) bottom Au thickness with a superstrate of air.
The SNR at 1600 cm−1 for a superstrate of water is shown as a function of
(d) top Au thickness, (e) cavity thickness, and (f) bottom Au thickness.
Figure 6.6: SEM images of the nanopillar array with increasing top Au
thickness. Top-down SEM images for a top Au thickness of (a) 90 nm, (b)
125 nm, and (c) 150 nm. The insets show top-down SEM images at higher
magnification. Tilted SEM images showing individual nanoantenna
morphology for a top Au thickness of (a) 90 nm, (b) 125 nm, and (c) 150
nm.
100
Figure 6.7: SERS EF and uniformity of the multilayered nanoantenna
array. (a) The Raman spectra of BPE are shown with a superstrate of air
and nanoantenna arrays with increasing top Au thicknesses. (b) BPE
Raman spectra taken in water with increasing top Au thicknesses. (c) The
SERS intensity with error at 1600 cm-1 is plotted as a function of top Au
thickness. (d) Calculated EF with corresponding error at 1600 cm−1 as a
function of top Au thickness. (e-g) Raman maps of BPE on the
multilayered SERS substrate showing the uniformity over a single standard
deviation. The mapping area of 100 µm by 100 µm and the scale bar is 25
µm.
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Figure 6.8: Assessment of the mapping data distribution. Q-Q plots are
shown, which are generated from the mapping intensity values at a peak of
1600 cm−1 for nanopillar devices with a top Au layer of (a) 90 nm, (b) 125
nm, and (c) 150 nm.
Figure 6.9: Protein-protein interactions on the multilayered SERS
substrate. (a) The SERS spectra before and after incubation in MUA are
shown. (b) SERS spectra taking after immobilization of anti-BSA and BSA
on the MUA-coated device. (c) The spectra are shown after immobilization
of avidin and biotin on the SERS substrate. (d) The SERS spectra are
shown after incubation in the cancer biomarker anti-CA-125 and CA-125.
Prominent peaks with clear changes between the capture and target




7.1 Summary of the Dissertation
This dissertation described the development of plasmonic nanodevices for
biosensing applications. Previous work, in which a wafer-scale plasmonic
nanocup array device was fabricated based on a nanoreplica molding process,
was described. This device was then applied for two biosensing applications.
The first was a drug binding study looking at the interaction of P450 proteins
with small molecules. The second was a label-free cell adhesion imaging
study. Based on these two applications, the advantages and disadvantages
of the plasmonic nanocup array were identified. This device operates in
transmission mode and has a single peak in the entire visible spectral range,
which enables both spectral and colorimetric sensing applications. Therefore,
a simplified detection setup was developed and utilized where a halogen light
source, from a brightfield microscope, was used for illumination and detection
was done with either a portable spectrometer or micrographs taken with an
imaging camera. The plasmonic nanocup array was successful in quantitative
studies of drug-protein interactions and label-free cell adhesion imaging due
to its wafer-scale reliability in terms of the transmission plasmon resonance
wavelength and device sensitivity.
While this device has several advantages, it does not meet the requirements
for a sensor that can be incorporated into a reliable and portable system for
cancer biomarker screening. The primary reason is that the LOD of 1 µg/mL
for protein-protein interactions is not sufficient for cancer biomarker screen-
ing applications where a LOD of 10 ng/mL or less is typically required. A
secondary reason is that, like all conventional plasmonic sensors, the plas-
monic nanocup array requires a spectrometer to obtain the best sensitivity
and LOD. Instrumentation bulk and costs, such as for a high resolution spec-
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trometer, are a limiting factor towards the development of portable sensing
systems based on plasmonic devices.
From these identified requirements, a new plasmonic sensor and sensing
method were reported in this dissertation based on the coupling between a
cavity mode and plasmonic mode in a MIM nanocup array. In this device,
the prominent transmission resonance due to the grating-coupled SPP reso-
nance in the nanocup array couples to the cavity resonance in such a way that
with a RI change there is a sensitive change in transmission intensity with no
spectral shift. The change in transmission intensity occurs primarily at the
peak resonance wavelength and there are spectral locations with no transmis-
sion intensity change. Therefore, it has been demonstrated that the distinct
spectral features of this new device featuring photon-plasmon coupling can
be used in a spectrometer-free detection scheme since only transmission in-
tensity measurements are required. The spectral locations without intensity
change can also be used as internal device references, which is important for
transmission measurements that can be unreliable outside of a controlled lab
environment.
Another significant advantage of this device is that the measured LOD for
the cancer biomarker CEA is 1 ng/mL, which is an improvement of three
orders of magnitude compared to the plasmonic nanocup array and an im-
provement of two orders of magnitude compared to the state-of-the art op-
tical detection method for protein-protein interactions based on SPR in the
Kretschmann configuration. Therefore, this plasmonic device has a label-
free LOD that is relevant for cancer biomarker screening. This device also
relies on the same wafer-scale nanoreplica molding process for fabrication,
meaning that we maintain large-scale reliability and reproducibility of the
transmission resonance and reference wavelengths.
A disadvantage of the developed device is that although the transmission
intensity is reliable and highly reproducible with a good SNR, it is low (less
than 0.5%) for the CdS cavity layer and less than 1% for the TiO2 cavity
layer. Therefore, when incorporating the device with different types of light
sources with different intensities, the SNR needs to be assessed and long
exposure times may be required, which could be an issue for applications
such as real-time sensing. In addition, the sensitivity of the device can be
further improved. The CdS layer shows a better sensitivity value than the
TiO2 cavity layer device. However, CdS is not practical for further device
104
development due to its toxicity.
7.2 Future Research Directions
The disadvantages of the MIM nanocup array show that there is room for
further research and improvement of this sensor and sensing method. Dif-
ferent material combinations can be explored for the metal and insulator
layers depending on the desired application. This device shows great poten-
tial for spectrometer-free sensing; therefore, future research directions involve
system-level study and integration of the device including noise analysis. The
MIM nanocup array can be used for label-free imaging in transmission mode,
which will allow interesting applications such as cell adhesion imaging. In ad-
dition, the device can be incorporated with narrowband LEDs and photocell
detectors for portable, low-cost optical molecular diagnostic systems.
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